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The ability of bone to resist failure is directly dependant on the intrinsic properties, 
namely the inorganic  (hydroxyapetite)  and organic (collagen) contents. Traditionally, 
inorganic content has been associated with stiffness of bone, whereas organic content 
has been associate with toughness. The aim of this research is to study the 
biomechanical effects of staged demineralisation and decollagenisation of femoral 
cortical segments. The staged protocol for decollagenisation should be considered a 
novel component of this study. 
A clinical correlation study to complement the biomechanical work was also undertaken. 
Femoral shaft fracture patterns in all ages were clinically and radiologically assessed to 
delineate if any correlation exists with the biomechanical findings of manipulated bone.
Methods
Ovine femoral cortical bone specimens were demineralised in 10% EDTA under 
ultrasonic assistance. Decollagenisation was achieved using 5M and 10M NaOH 
solution at 44 degrees celsius. Bone processing was undertaken at time points 0, 6, 12, 
24 and 48 hours. Samples were mechanically tested under low strain four-point 
bending. ANOVA testing was undertaken to compare groups with p<0.05 significant. 
This biomechanical data was correlated with clinical data analysing femoral shaft 
fractures in three age groups; (paediatric (0-16), adult (17-54) and older age (>55)) to 
reflect immature, peak bone age and osteoporotic bone respectively. Binary logistic 
analysis was used to assess significance of bone age with respect to fracture pattern (p-
value <0.05 was significant).
II
Results
Demineralised bone demonstrated a reduction of ultimate strength, yield strength and 
elastic modulus at 48 hours (p<0.05). There was significant increase in toughness at 48 
hours. 
Decollagenised bone showed a reduction in ultimate and yield strength at 12 hours. 
There was an initial increase in elastic modulus at 6 hours after immersion in both 
NaOH solutions (p<0.05), followed by progressive reduction. There was over 70% 
decrease in toughness in decollagenised samples at 48 hours (p<0.05). 
A total of 163 patients with femoral shaft fractures were analysed. Paediatric, adult and 
older groups included 38, 37 and 88 patients respectively. One hundred and two (102) 
fractures were simple and 61 comminuted. Paediatric and older groups were more likely 
to sustain a simple fracture, with the adult group more likely to sustain a high energy 
comminuted fracture.
Conclusion
Demineralised bone develops an increased ability to deform under bending with an 
increase in yield strain, ultimate strain and post-yield strain. This makes it tougher, 
behaving as a ductile material. 
In contrast, decollagenised cortical bone behaves as a brittle material. There is a 
progressive decrease in yield and ultimate properties of stress and strain. Post-yield 
properties are almost zero with greater rates of decollagenisation.
This study demonstrates an association between degree of fracture comminution and 
physiological age, with simple fractures being significantly associated with immature 
and osteoporotic bone. High energy mechanism trauma was directly related to fracture 
comminution at peak bone age. 
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LAY SUMMARY
Bone is dependant on its natural constituents for its strength. Within bone is a smaller 
set of elements (inorganic and organic). The inorganic content is mainly composed of 
calcium and the organic content is mainly composed of a protein called collagen. The 
collagen is thought to convey the property of resistance to breaking, whereas the 
inorganic content conveys resistance to bone being bent. This thesis aimed to remove 
the collagen content of sheep thigh (femur) bone in a staged fashion, and to study the 
effect of this on its bending behaviour until it breaks (fracture). This is considered the 
novel component. This study also aimed to see if laboratory results correlated with real-
life injuries to this same bone in human beings. 
If bone can be manipulated in staged way, this can allow the scientific community to 
better study how bone breaks. This information can be used to help design electronic 
models that can help predict how bone will behave as opposed to testing this on 
animals or cadaveric human bone. This will also aid in the prevention of fracture, and 
design of stronger devices to fix fractures in weaker bone.
The calcium and collagen content was removed in stages (over time) using specific 
solutions. At this point, the segments of femoral shaft were tested using a machine that 
bends the bone and records the measurements electronically. This was done at a low 
bending force. Patients who sustained a thigh fracture, were also analysed to record 
how their bone broke. The assumption was that children's bone had less calcium and 
elderly bone less collagen.
In bone in which the calcium was removed, this resisted bending better, and became 
more bendable in nature (ductile). In bone with collagen removed, this showed an initial 
increased resistance to bending, however as further collagen removal occurred, this 
decreased. Collagen removed bone also showed a gradual decrease in the resistance 
to breaking until it was extremely susceptible to breaking under the smallest force.
Decollagenised bone behaves as a material more closely linked to elderly bone 
behaviour. The more collagen is removed from bone, the easier it breaks. Child and 
elderly bone is more likely to break into two parts under force. Adult bone is more likely 
to shatter into many pieces under force. 
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Bone is a composite material, that has structural, biochemical, endocrine and 
haematopoietic responsibilities in the human body [1]. It consists of cellullar, extracellular 
and water components [1]. The cellular components include osteocytes, osteoblasts and 
osteoclasts, with the extracellular components consisting of an inorganic (calcium 
hydroxyaptetite) and organic (mainly collagen type I) phase. Alongside water, these three 
components form a three-dimensional matrix that is in essence a mineralised collagen fibril 
[2].The inorganic content imparts bone stiffness especially in compression [3, 4]. The 
organic content is important for bone toughness or the energy required to fracture [5-7].
A simplified analogy of bone could be thought of in the form of a cheesecake. In order to 
understand how the cheesecake bends as a whole structure, it is essential to understand 
how the constituents, namely the cheese and the digestive base, behave. The reason this 
is essential is that it is presumed that the cheese will impart different biomechanical 
properties to that of the digestive base, and in combination, these will dictate how the 
cheesecake behaves under bending. The cheesecake in this analogy is the femoral shaft 
as a macro-structure (extrinsic properties), with the cheese and the digestive base forming 
the micro-structure - or the organic (collagen) and inorganic properties (calcium 
hydroxyapatite). These are otherwise referred to as the intrinsic properties. 
To date, removing collagen from bone has been done with a starting point and an end 
point of decollagenisation, with little ability to stage this process in between. For example - 
let us assume a linear line graph with the x-axis representing time and the y axis 
representing force required to fracture, under a bending load. If the only two studied time 
points of decollagenisation on the x-axis are at 0 and 100 hours, it is not scientific enough 
to assume that the force at 50 hours can be predicted in a linear fashion. The reason for 
this is that bone has not been decollagenised to 50 hours, only at 0 and 100 hours, and 
therefore it is impossible to delineate this information with confidence. 
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Additionally, whilst the literature (which will be explored in the subsequent review), has 
extensively studied the effect of staged demineralisation on cortical bone, this has been 
reserved for whole bone measurements and synthetically staged experimentation on bone 
segments remains scarce. This skews the results significantly given it cannot isolate the 
intrinsic contribution of mineral, on the biomechanical behaviour of bone. It is these 
deficiencies in the literature that this thesis aims to address. 
This research aims to devise a novel staged protocol for the demineralisation and 
decollagenisation of ovine femoral shaft cortical segments. This research will examine the 
effects of varying degrees of mineral and collagen disruption on bending behaviour of 
cortical ovine bone at a low strain rate as baseline. It is intended that the findings from this 
thesis are to be used to predict behaviour in fragility fractures, and in particular 
osteoporotic fracture modelling, as this condition affects both the mineral and collagen 
components.
The epidemiology of femoral shaft fractures is well studied. However, what is less known is 
the fracture patterns that occur under varying mechanisms of energy across all ages. 
Furthermore, there is no clear evidence in the literature to suggest a physiological age at 
which bone behaviour changes in clinical practice. This thesis aims to address these 
deficiencies in the literature. This thesis also aims to delineate wether bone behaviour 
findings at the nanostructure, relate to macro-structure whole bone behaviour in a clinical 
setting.
1.2 Research questions
The following research questions will be addressed in this thesis:
1. Does cortical bone biomechanical behaviour change with disruption of the 
mineral content at a low strain rate?
2. Does cortical bone biomechanical behaviour change with disruption of the 
collagen content at a low strain rate?
3. Is there a correlation between the behaviour of demineralised ovine cortical 
bone segments and femoral shaft fractures in clinical practice?
4. Is there a correlation between the behaviour of decollagenised ovine cortical 
bone segments and femoral shaft fractures in clinical practice?
2
Research questions 1 and 2, are primarily laboratory based questions. Ovine cortical bone 
segments will be processed to allow demineralisation and decollagenisation as will be 
described later in this thesis. The segments will then be mechanically tested to delineate 
values under bending behaviour until failure. 
Research questions 3 and 4, are primarily clinical questions. Femoral shaft fractures will 
form the basis of this component to allow a more valid comparison to ovine femoral cortical 
bone. Bone behaviour will be analysed to delineate wether with increasing age, there is an 
effect on fracture pattern (simple or comminuted shaft fractures) under a low or high 
energy mechanism.
1.3 Null hypotheses
1. Staged demineralisation of ovine bone cortical segments has no effect on the 
mechanical properties of these segments under bending load applied at low strain rate.
2. Staged decollagenisation of ovine bone cortical segments has no effect on the 
mechanical properties of these segments under bending load applied at low strain rate.
3. Increasing physiological age has:
1. No effect on the incidence of femoral shaft fracture in a local population
2. No effect on fracture pattern (simple versus comminuted femoral shaft 
fracture)
4. The mechanism energy (low versus high energy) leading to the femoral shaft fracture     
    has no effect on the fracture pattern (simple versus comminuted femoral shaft fracture)
1.4 Novel aspects 
Following on from section 1.1, it is important to clarify the novel components of this 
research. To the best of the author’s knowledge, there is an absence in the literature of 
research which has devised a staged protocol for the demineralisation and 
decollagenisation of ovine cortical bone segments that then undergo mechanical testing, to 
delineate the effects of a staged process on intrinsic bone behaviour. This forms a novel 
aspect of this research. 
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The above process will therefore intentionally manipulate bone quality, namely 
demineralise (leading to a proportionally higher organic ratio), or decollagenise (leading to 
proportionally higher inorganic ratio). This manipulated bone will be tested mechanically 
under bending under a low strain rate. 
Paediatric, young adult and older adult femoral shaft fracture has not been assessed in the 
literature prior to this study, utilising age as an independant predictor of fracture pattern 
with a low or high mechanism of energy. The paediatric, adult, and older ages are intended 
to be used as surrogates for de-mineralised, control and decollagenised bone respectively. 
These findings will then be assessed against laboratory findings to delineate whether a 
clinical correlation exists.




To best understand the behaviour of bone, one should understand the basic composition 
of bone with regards to intrinsic elements, how this forms a macro-structure and how this 
influences biomechanical behaviour.
Building on this understanding, one can identify methodology which will enable the 
manipulation of certain properties in isolation in order to isolate their mechanical influence. 
To this effect, the various methodological choices related to the research will be justified, 
such as previous work on demineralisation and decollagenisation and choice of animal 
model.
Finally, the elements of the clinical component of this study shall be covered under two 
broad headings: physiological change in bone with age (including the effect of ageing on 
both extrinsic and intrinsic properties), and pathological conditions relating to the inorganic 
and organic content of bone.
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2.1 Defining bone
Bone can be defined based on its composition, structure and function. In essence, bone is 
a composite crystalline material, with structural, biochemical, endocrine and 
haematopoietic responsiblities.
2.1.1 Bone Composition
Bone extracellular matrix is a composite connective tissue consisting of an organic 
collagen phase, inorganic mineral phase and structural water.
The inorganic carbonated hydroxyapatite and collagen fibres are the basic building blocks. 
Hydroxyapetite is a naturally occuring mineral with the formula Ca5, (PO4, Ca3)3 (OH). This 
carbonated hydroxyapatite unit comprises two entities; hydroxyl and apatite (phosphate 
mineral). The carbonated hydroxyapatite mineral (also known as a dahllite) has a 
hexagonal crystallographic symmetrical structure. 
This was discovered as a result of pioneering work by Robinson et al as a result of the 
advent of transmission electron microscopy, where a beam of electrons was transmitted 
through a micro-structure to form an image. This was able to provide the observations 
seen with regards to the arrangement [8, 9]. 
Weiner and Traub extensively studied the organisation of crystals in collagen fibrils utilising 
electron diffraction. The mineral content was found to be arranged in a parallel latticed 
tightly packed layer, in a staggered array model on and within the collagen fibrils, forming a 
collagen-crystal composite. The collagen itself is not the crystal, the mineral is, however 
the mineral-collagen composite is crystallised [10-13]. It is this homogenous structure of 
elements, arranged in a lattice, that provides the notion that bone, at its core, is a crystal.
The collagen fibrils form the organic content of bone, primarily formed by collagen type I. 
Collagen is a fibrous scleroprotein, a proline rich tripeptide, with glycine being the most 
abundant amino acid found within this. Collagen is one subdivision of scleroproteins, with 
others being keratin, elastic and fibroin [14].
6
Collagen type I is the main collagen found in bone, although other collagens do exist such 
as collagen type II, IV, V and XI [15, 16]. This is a fibrillar protein 300nm long and 1.5nm 
wide (modulated in part by types III and V collagen which are found in low levels in bone) 
[17]. It consists of a coiled subunit - with two alpha-1 and one alpha-2 collagen chains. 
These three subunits coil together into a right handed triple helical structure. The unique 
mechanical properties of type 1 collagen is owed to the fact its rod like triple helices form 
lateral interactions. Covalent aldol cross-links form (through the action of lipo-oxygenase 
enzyme) between the helices stabilising the side-to-side packaging of collagen molecules, 
forming a strong construct; the collagen fibre [18-21]. In combination with the mineral 
phase, this forms the strong mineralised collagen fibre construct. The other  type of cross 
link is non-enzymatic, and are either glycation or oxidation induced, otherwise known as 
advanced glycation end-products (AGE) [22-25].  Initially these cross-links are immature 
(divalent), however, through a continuous maturation process are converted into a mature 
trivalent cross-link. The formation of these trivalent cross-links remains poorly understood 
[19, 26-28]. However, other studies suggest this may be to do with ageing and tissue 
lifespan which will be explored later in this thesis [29].
The third vital component of this composite is water. This forms around 15-25% of the 
contents of the extracellular metric (inorganic/organic composite forming upto 75%) [30]. 
As part of the extra-cellular complex, water occupies the the intra-cortical pores, including 
the vascular spaces (Haversian and Volkmann’s systems) as well as the lacuno-
canalicular network [31]. Water naturally affiliates with collagen molecules given certain 
amino acids within collagen are hydrophilic, such as lysine and arginine. Water can exist 
as either loose or tightly bound to the mineralised collagen fibril. The initial osteoid laid 
down by the osteoblast is a hydrated collagen molecule, and as this collagen crystallises, 
water is displaced [32]. The remaining water content exists between the mineralised 




Bone has a varied arrangement of structures, at many scales, which work in concert to 
exert its function on the human body. It is a complex five level hierarchical structure 
consisting of the macrostructure, the microstructure, the sub-microstructure, the 
nanostructure and the sub-nanostructure [33]. 
Figure 1 shows relative size of each level. The macrostructure, which is visible to the 
human eye, is the cancellous and cortical element of bone. The microstructure and sub-
microstructure consists of haversian systems and lamellae respectively. The nanostructure 
and sub-nanostructure consists of the mineralised collagen fibre and fibril respectively, 
with the molecular structure consisting of the mineral crystal and the organic proteins 
forming the collagen as discussed earlier [33].  This structure, with its arrangement and 
orientation, is a core determinant of the mechanical function of bone (Figure 1). 
8
Figure 1. Hierarchical structure of bone. Modified 
from http://www.iupui.edu/
Focus of this thesis
For the purposes of this research, the nanostructure shall be the focus. The most 
prominent structure seen at the nanostructure is the mineralised collagen fibre. The 
identification of this structure started with the pioneering work of Robinson et al, who used 
transmission electron microscopy to study bone, identifying plate-shaped, rather than 
needle shaped mineral crystals [8]. Furthermore, it was at this stage that the first 
documentation of mineral crystals existing within a collagen framework occurred. Hodge et 
al expanded on this almost a decade later, utilising electron microscopy via a negative 
contrast method, observing a tropocollagen molecule, and being the first to describe the 
staggered array effect of mineral crystal both within and on collagen fibrils [34]. The 
understanding of this composite material has allowed the scientific community to further 
their understanding, particularly on the mechanical properties of the mineral phase. 
However, much of the collagen phase remains misunderstood, as will be explored below.
2.1.3 Structure formation
Bone is anisotropic as its arrangement leads to directionally dependant biomechanical 
properties [35, 36]. The mechanical axis of the axial skeleton is in the longitudinal plane 
and is therefore strongest in that plane. This is an important concept to explore as 
mechanical testing is often performed through a bending load, perpendicular to the 
mechanical axis.. Work by Bonfield et al on bovine cortical femora loaded at different 
angles showed a decrease in elastic modulus (resistance to bending), when loaded at 
angles of 20 degrees and above to the mechanical axis, and in particular if loaded at 90 
degrees [37]. This corroborated by earlier work from Dempster et al on cadaveric tibia, 
who showed that ultimate tensile strength of bone loaded across the lamellar orientation, 
was less than that when bone is loaded parallel to lamellar orientation [38]. 
Bend testing therefore simulates a load pattern at right angles to the norm. If bone is 
assumed to be at its weakest when loaded at a non-physiological angle (90 degrees), then 
by extension, intrinsic behaviour at its weakest can also be delineated.  
The pioneering principle behind this thought process is known as Wolff’s law. In the late 
19th century, the German anatomist and surgeon, Julius Wolff, proposed a theory on the 
alignment of bone; that is, that trabecular bone (specifically proximal femur) oriented and 
aligned itself at areas of principle stress experienced by bone [39, 40]. 
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The proposed mechanism by which bone is selectively deposited in areas of stress 
remains incompletely understood. However, “strain generated potential” is one mechanism 
which is thought to occur. This works by two main mechanisms, piezoelectricity and 
streaming potential. Friedenberg et al is credited for the understanding of the piezoelectric 
process. White rabbits were used as an animal model to measure in vivo current across 
fracture sites in the femora and tibiae. Th mechanical stimulation was induced through the 
fracture and was measured via electrodes which were connected to an electrometer. An 
electric current was visualised from stressed bone, dependant on the rate and magnitude 
of stress; piezoelectricity [41]. 
Fukada et al has also explored this concept, observing the concave (compression) side 
being more negative than the convex (tension) side [42]. In his study, bovine and human 
cadaveric femora were thinly cut and exposed to a shear stress. In addition to the findings 
by Friedenberg, it was noted that the piezoelectric effect mainly applied to collagen fibres, 
which led to their slippage past each other. The magnitude of this effect was dependant on 
the angle between the applied load and the axis of the long bone.
These electric signals are carried within extra-cellular fluid otherwise known as streaming 
potential. Pinkowski et al used whole bone tibia and four-point bending to test streaming 
potential in a sodium chloride solution. A negative relationship was observed with 
increasing solution concentration, or viscosity [43]. These results have been supported in 
the literature in more recent studies [44-46].
The cellular component of bone, mainly osteocytes, play a central role by sensing this 
mechanical stimulation, all of which results form the initial mechanical force. Osteoblasts 
seem to follow the more negative charge, laying down new bone and this is where 
remodelling mainly occurs [47-50]. 
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2.2 Mechanical properties
It is important to study the mechanical properties (the effect of a force on a structure) of 
bone, as this allows us to delineate its susceptibility to failure. To do this there are several 
engineering principles that should be explored and understood, in order to draw a scientific 
conclusion. The mechanical properties of bone are determined by the same engineering 
principles required to study those of metals, wood and glass.
2.2.1 Extrinsic structural properties
Strength is a loose term in biomechanics, but is generally defined by the ultimate force 
which can be withstood by a structure before failure, or in the case of bone, fracture. It is a 
measure of the extrinsic property of a structure. A force causes an object to either 
accelerate or decelerate. It also has magnitude (strength) and acts in a specific direction, 
and therefore it is termed a vector force. Within the context of the femur, there are many 
force vectors acting across it, as a result of mechanical load through body weight, muscle 
and ligamentous forces. Therefore the overall magnitude and direction is termed the 
resultant force. When a force causes an object to rotate (as opposed to linear motion), it is 
termed a “moment”. This moment force will have a “moment arm”, and this is a the lever 
against which the force acts in order to produce this rotation [51].
There are basic forces which act across a structure; compression, transverse loading, 
torsion and bending, and these cause the structure to behave in certain ways. The 
bending force is most relevant to this thesis, causing a compression and a tension surface, 
or bowing of the structure (Figure 2). The concave side constitutes the compressive force 
(where the force is applied), with the tension side being the convex side [52]. One can 
imagine, the tension side begins to elongate as it bends, and it is therefore easier for a 
crack to appear if under greater tension.
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As a result of the force acting across a structure, it will undergo deflection, which is the 
degree to which a structural element is displaced from its central axis. This is usually a 
distance measurement, but can be an angular measurement.
If the force and deflection were plotted on a graph, it would generate a graph similar to that 
shown in Figure 3. The “stiffness” of an object can then be measured.
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Figure 3. Stiffness of an object. Modified from www.comsol.com. 
Figure 2. Demonstrating load applied (black arrow) and resulting 
forces across the structure. Modified from Truss Bridge Design 
Project.
Stiffness is a measure of the extrinsic resistance to bending of a macro-structure eg the 
whole bone [53]. The stiffness of an object is determined by the displacement of that object 
as increasing force is applied. If this is plotted as a graph then the gradient  represents  the 
stiffness (Force/Deflection) of an object. The area under the graph represents “work done 
to fracture” ie the energy required to failure of the macro-structure under bending [54].
 
2.2.2 Intrinsic material properties
Stress is the force applied on an object divided by the area upon which it acts. It is in 
effect, normalised force, and measures the strength of the intrinsic components that form a 
structure. In a similar manner, the deflection can also be normalised to the area, and this is 
called strain, or change in size of bone in relation to its original length. It is essential that 
these measures are used, as the beams to be studied will not all be of exactly the same 
size. For example, if a force is applied across two beams, one of which is thicker than the 
other, it would not be clear which is the “weaker” structure based on the force applied to 
failure alone [55]. To analyse strength, the force should be geometrically adjusted to the 
cross sectional area of the bone, therefore measuring stress, and one may find the 
ultimate stress to failure across both beams in this way would be the same. As a result of 
stress and strain, one could plot a graph similar to that for force and deflection as shown in 
Figure 4. 
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Figure 4. Young’s modulus of an object. Modified from www.cyberphysics.com 
The elastic modulus or Young’s modulus is an intrinsic material property that is delineated 
from a stress versus strain curve of a material. The elastic range is a non-permanent 
deformation and the plastic range is a permanent deformation. The elastic modulus is the 
linear gradient of a stress versus strain graph in the elastic zone, with the area under this 
whole graph being the toughness or the energy required to fracture (elastic and plastic 
ranges) [54, 56].
The initial constant proportionality of the slope is as a result of Hooke’s law. This states 
that the deformation of an object is directly proportional to the force applied. Therefore 
removing the initial stress will return the structure to its original shape. Hooke’s law will 
hold upto a maximal stress, known as the limit of proportionality [57]. This is similar to a 
spring mechanism whereby it initially deforms under load, then returning to its original 
shape when the load is removed. Following this, the structure is maintained in the elastic 
phase until the “yield point” is achieved. This is the point above which any additional stress 
will cause the substance to remain permanently deformed; the plastic phase [51].
Viscoelasticity is the property of a material that exhibits both viscous and elastic 
characteristics under varying rate and duration of strain. It is characterised by both 
recoverable elastic deformation, as well as permanent viscous deformation. Viscoelasticity 
has three main characteristics; creep, stress relaxation and load-rate dependance of 
stiffness (hysteresis) [58, 59].  
Creep is a property where if a constant stress is applied, then a structure will continue to 
deform. Stress relaxation is observed as a decrease in stress when a constant strain is 
generated. Hysteresis describes the energy lost during both loading and unloading, and as 
bone is not a purely elastic structure, a degree of energy will be lost during this process 
[60].
It is important to note that normal bone viscoelasticity is loading rate dependant, exhibiting 
greater viscoelastic properties (increased strength and elastic modulus) at a faster loading 
rate.  In 1974, Crowninshield et al examined this effect on bone segments from the tibial 
diaphysis of freshly slaughtered beef cattle and these were loaded at various strain rates 
ranging from 0.001 strains per second, to 1000 strains per second, with the higher strain 
rates achieved with a drop hammer. Crowninshield demonstrated that elastic modulus 
increased (0.0167 to 250GPa) with increasing strain rates. This also applied to ultimate 
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stress, with a maximum value of 2.5N/m2 compared to 0.25N/m2 at the lower strain rate 
[61]. Wright et al conducted a similar bovine study, using larger cylindrical segments of 
bovine bone under a tension load with strain rate varying from 0.00053 strains per second, 
to 237 strains per second. Elastic modulus also increased from 17.7 GN/m2 to 40.4GN/m2 
at the highest strain rate. Similarly, ultimate strength followed, with a range of ultimate 
strength of 99.2MN/m2 to 271.4MN/m2 [62]. Further studies have found similar findings, in 
both torsional loads [63], as well as bone of varying mineralisation levels [64].
2.2.3 Bone toughness
Traditionally toughness has been thought of as the ability of a structure to dissipate energy 
applied through deformation, without the initiation or propagation of a crack [65]. As it is a 
parameter relating to the ability of absorption and release of energy, simply speaking it is 
therefore the ability of a structure to resist failure (eg fracture in bone). Toughness is a 
multi-scale process that is related to each hierarchy in bone, with the assumption being 
that each level provides its relative optimal toughness [66]. Therefore there are intrinsic 
and extrinsic toughening mechanisms as will be explored later in this chapter. Essentially 
however, the intrinsic ability relates to “crack-dilatation”, or the ability to inhibit crack-
growth, by increasing the surface area at the crack tip. The extrinsic mechanism is derived 
from crack-bridging, which acts to reduce the crack-driving force through a shielding 
mechanism [67, 68].
There is no standard method for the measurement of toughness [69]. The majority of 
studies focus on measuring the energy to initiate a crack (Kc). However, other methods do 
exist, such as the additional contribution of the inelastic phase until failure (Jc), with R-
curves utilised for the the resistance to crack propagation. These methods are all defined 
by the American Society for Testing and Materials (ASTM), however there is no clear 
recommendation by this group on the optimum application in bone or other biological 
materials. Furthermore, to derive the Kc and Jc values separately requires a strict protocol 
with the careful machining of bone to idealised geometrical standards. This is then 
followed by careful micro-notching at the bone surface before testing [70].
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For the purposes of this study, bone was tested to failure, which includes both the initial 
crack and crack propagation to fracture (Kc and Jc). This provides a complete picture of the 
“work-done” to include both the elastic and plastic phase and is in line with much of the 
literature [2, 5, 64, 71].
2.2.4 Fluid theory
Comprising around 20% of bone volume, water is a key component and determinant of 
mechanical behaviour of bone. It occupies the porosities within bone (pore-water), the 
lacuno-canalicular spaces (free/mobile water), and moves according to pressure gradients 
upon locomotion of the skeleton. Water tends to associate with the hydrophilic amino acids 
of collagen type 1, namely lysine, arginine and hydroxyproline, and initial unmineralised 
osteoid laid down by osteoblasts is in effect hydrated collagen. As the osteoid is 
mineralised, water is displaced. However, a water component remains within the sheets of 
the mineralised collagen fibres, which add to the mechanical properties of bone - this is 
referred to as structural water (Figure 5) [72].
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Figure 5. Water at each hierarchical level. Taken from Davies et al.
Structural water affects similar mechanical properties as collagen, such as ductility, or the 
amount of post-yield strain that is achieved (in the plastic phase). 
Biomechanical effects of loss of water are mainly undertaken through thermal dehydration 
of bone (air drying, or vacuum oven drying). Wess et al looked at the effect of dehydration 
on rat tendon samples which were periodically heated in an oven to 120 degrees celsius. 
Through x-ray diffraction imaging, which assesses proton distribution patterns within a 
structure, a change was observed in the collagen patterns. There was a collapse between 
the fibrils with shortening of the segments, with shearing of the cell units (Figure 6) [73]. 
Specific to bone, changes in dehydration on mechanical values have been observed since 
the early 1950’s, when Smith et al observed the effects of temperature on bone from 
various species including tibia, horse and ox. Smith observed an inverse linear relationship 
between temperature and elastic modulus [74]. More recently, Faingold et al built on this 
understanding and tested hydrated and dehydrated cortical equine metacarpal bonbon 
segments. 
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Figure 6. Changes in collagen structure following dehydration. Taken 
from Wess et al.
The dehydrated samples were oven dried upto 100 degrees celsius. Mechanical testing 
was undertaken using nano/micro-indentation and atomic force microscopy (testing the 
molecular osteonal level), to provide a global assessment of elastic modulus. The modulus 
at osteonal, mineralised fibril and lamellar levels were all found to be upto 50% higher in 
the dehydrated samples. This suggested that in addition to the findings by Wess et al, that 
there is re-orientation of the mineralised fibrils in the lattice structure, which renders the 
structure stiffer in the elastic phase, but less ductile with a reduced resistance to fracture in 
the plastic phase [75].
The thought behind this stiffening mechanism reflects work by Wenger et al, who 
mechanically tested rat tail tendon, and found that air-dried tendon increased in elastic 
modulus from 3.7GPa to 11.5GPa. The increased stiffness was theorised to be as a result 
of the a higher mineral to collagen ratio, with the stiffening process being overtaken in 
effect by the mineral phase. This seems to be achieved by the compaction of mineralised 
fibres, and as a result the mineral also, leading to a stiffer unit [76]. Other studies, through 
a combination of indentation and bend testing have corroborated these findings. Broz et al 
dehydrated whole bone mouse femora and following three-point bending observed higher 
stiffness and reduced ductility in the dehydrated specimens [77]. Nyman et al used 
cadaveric human femoral segments which were oven-dried and also noted similar findings 
[2, 78]. 
At the material level, or that which forms the enquiry level of this thesis, in addition to the 
stiffening process that occurs with dehydration, there seems to be an effect on the 
toughening mechanisms. Nyman et al studied cortical bone specimens of human femoral 
diaphysis. Vacuum oven drying was used to dehydrate the specimens for upto 4 hours at 
temperature of 110 degrees celsius, after which the wet and dry specimens were three-
point bend tested. A loss of bone toughness (resistance to fracture) was observed with 
increased dehydration. The reason for this remained unclear, however it was suggested 
that disruption of the collagen phase, which is thought to be the main determinant of bone 
toughness, was a significant contributing factor [78]. Nyman himself further supported his 
own work with another cadaveric human cortical femoral study, with partial air dehydration 
of segments, to simulate presumed water content changes with ageing. A significantly 
reduced toughness, as a result of decreased post-yield strain was observed, with mean 
values of 1.559 MJ/m3 (wet bone) to 0.341 MJ/m3 (dehydrated bone) [79]. 
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This is further supported by Yan et al who took bovine cortical bone and thermally 
dehydrated it in a vacuum oven at 60 degrees celsius. The specimens underwent 4-point 
flexural testing under a constant strain rate, finding a 45% reduction in fracture toughness 
in the dehydrated samples [80]. A higher 60% reduction in toughness was observed by 
Melvin et al in a similar study, however the discrepancy in toughness loss is likely due to 
the method of mechanical testing, with Yan utilising four-point bending, whereas Melvin 
utilised single notch bend testing, which does not test to failure, but rather is a measure of 
crack-propagation [81].
2.2.5 Bone mechanics
Previous work by Rho et al has shown that cortical and cancellous bone differ 
mechanically. Cadaveric human tibiae were isolated and prepared in a standardised 
fashion, and cut into cubes of cortical and cancellous specimens respectively. These 
specimens were subject to both micro-tensile as well as ultrasonic testing. Young’s 
modulus of cortical bone was significantly higher than cancellous bone (20.7GPa v 
14.8GPa) [82]. 
This was further backed by Bayraktar et al, using cadaveric human femoral cortical and 
cancellous which were machined into segments and imaged using micro-computed 
tomography (micro-CT). Segments were mechanically tested, with extrapolation of the 
mechanical values obtained into a finite element analysis model. The study concluded that 
elastic modulus and yield strains were approximately 10% lower for cancellous bone in 
comparison to cortical, with ultimate strength approximately 25% lower [83]. Further 
previous studies by Choi et al and Kuhn et al have shown that cortical bone had a higher 
elastic modulus by 19% [84] and 28% [85] respectively.There does however seem to be a 
large span of values in the literature, from as little as 1.0GPa [86] to as much as 20.0GPa 
[82]. This is likely to be as a result of a few confounding factors. Firstly there is a great 
variation in the type of bone studied, such as human cadaveric femora to bovine tibia. 
Secondly, there is a range of testing methods that have been employed in the literature, 
with Rho et al utilising three-point bending, whereas Choi et al utilised four-point bending. 
This brings in a significant confounding factor owing to the varying amounts of shear stress 
that must be factored into three-point bending [87]. 
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The addition of shear would be expected to yield lower values, as there is an additional 
external force, as opposed to pure bending.
It is perhaps unsurprising that different mechanical properties exist between the two types 
of bone, as cancellous bone is more porous. A previous biomechanical theory of this by 
Choi et al posits that as cancellous bone is a more mosaic structure than cortical (cement 
lines, porosity, orientation) then greater stress risers exist lending itself to weakness [84]. 
The plastic phase is prolonged as trabecular bone collapses and “re-compacts” thereby 
increasing stiffness again. This can explain why energy absorbed by trabecular bone can 
exceed that of cortical bone in compression. This  also means that cancellous bone is 
relatively more ductile, or is able to incur greater post-yield strain.
Additionally, cortical bone is able to withstand greater stress but relatively lower strain than 
cancellous bone. At a strain rate greater than 2%, cortical bone will fail [88], whereas 
cancellous bone can withstand higher strains[89]. Due to the tightly packed structure of 
cortical bone, it does not have the same prolonged plastic phase as cancellous bone, and 
cannot store as much fracture energy as cancellous bone as it is not as porous or fluid 
filled [89]. A graphical representation of basic mechanical properties of cortical and 
cancellous bone is shown below in figure 7 [90-92].-
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Figure 7.  Load displacement curves for cortical and 
cancellous bone. Taken from veteriankey.com
The definition of bone viscoelasticity is the behavioural response of bone depending on 
strain rate and duration. This means that bone becomes stiffer, or, Young’s modulus 
increases at faster strain rates and these increasing rates are likely to affect mechanical 
properties [59, 93, 94]. This is important as cortical bone fatigue failure is likely as a result 
of exposure to higher orders of magnitude of strain rates under bending [95]. It is useful to 
divide these properties into pre and post yield categories. The consensus of opinion from a 
number of the relevant studies is that higher strain rates have a proportional relationship to 
pre-yield properties [96-106]. This is particularly evident in studies by Crowninshield et al 
and Wright et al. Crowninshield et al. in their study, were able to load fresh bovine bone 
progressively at increased strain rates, resulting in progressively positive increases in 
elastic modulus and ultimate properties [98]. Wright et al. in their study, also looked at 
these findings, by standardised tensile longitudinal mechanical testing of compact bovine 
bone at increasing strain rates. A significant positive correlation was found between strain 
rate and ultimate strength, as well as ultimate strength and density [102]. 
There is a disagreement in these two studies however, with Crowninshield reporting a 
maximal energy absorption capability of compact bone at a defined strain rate, with Wright 
unable to back this result. A reason for this discrepancy could be due to the difference in 
strain rates used by the two studies. Crowninshield et al tested cortical tibial diaphyseal 
bone of freshly slaughtered beef cattle, which would be assumed to have greater water 
retention given the fresh nature. This is in comparison to bone segments used by Wright et 
al, which were not. Furthermore, the variation in strain rate between the two studies were 
significant, with Crowninshield testing upto 1000 strains per second, compared to 237 
strains per second in the study by Wright et al. These two factors could have a 
confounding impact on the variation in results seen, with a maximum elastic modulus of 
250GPa for Crowninshield’s study, compared to 40.4GN/m2 for that by Wright et al. 
However what remains clear is the message across both studies, that is, that strain rate 
affects mechanical properties [64, 97]. Whilst one explanation of this includes fluid theory 
and its contribution to viscoelasticity, it is possible the mineral and collagen content 
contributes also. Yamashita et al thermally denatured collagen type I in mineralised cortical 
bone segments machined from human femoral diaphysis. Alpha-chymotrypsin was then 
applied to these bone segments in order to digest denatured, and not intact collagen type 
I. The content of intact collagen remaining was measured using liquid chromatography.
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Some of these samples were then rehydrated to evaluate level of denatured collagen as 
well as water content effect. Three-point bending tests were conducted following this, and 
the loss factor measured (amount of energy stored and lost during mechanical 
deformation). A higher loss factor value implies greater viscoelasticity, which was seen in 
wet compared to dry samples, with no significant difference in matched hydration samples 
with varying levels of denatured collagen [107].
The effect of strain rate on post-yield properties is less clearly agreed upon. Hansen et al, 
using cadaveric human cortical femoral bone, under rigorous mechanical testing, was able 
to back up previous findings on pre-yield and yield point association with strain rate. Strain 
rates varying from 0.14 strain per second to 29.1 strains per second were applied, finding 
a linear relationship with rate and yield point. However despite concluding that post-yield 
effects were less clearly understood, it was demonstrated that strain rate had a greater 
post-yield deformation effect than previously thought [108]. These findings were consistent 
with other studies involving cadaveric human and animal bone [103, 105, 106]. This was 
thought to be due to a sharper ductile to brittle transition at moderate to higher strain rates. 
These results are more clearly shown in Figure 8.
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2.2.6 Tension and compression
The distribution of lamellar bone and the orientation of the collagen fibres within them 
correspond to their function and strength. The collagen fibres are oriented in the  weight-
bearing axis according to Wolff’s law as explored earlier, which is the longitudinal 
mechanical axis. Subsequently strength under a longitudinal load is greater than that 
under transverse loading. This helps bone to withstand the forces it is required to undergo 
during locomotion [109, 110]. 
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Figure 8. Stress v Strain rate (top diagram) and Strain v Strain 
rate showing post yield properties. Modified from Hansen et al.
Bone seems to adapt to the direction of loading as suggested by Reilly et al in his 
mechanical studies of equine bone [111]. An example of this is the femur, which has a 
slight anterior curvature, meaning that slight bending of the femur is produced during 
longitudinal loading. This leads to tension on the anterior cortex and compression on the 
posterior cortex. Subsequently, it is more likely to fail on the tension surface in healthy 
bone. This is based on the elastic theory of bending, which states that the outermost fibres 
of a beam, which are furthest from the neutral axis, will fail first. Detailed histology of both 
anterior and posterior cortices has shown that mineral and collagen orientation is more 
longitudinal in the anterior cortex, and more transverse in the posterior cortex, which 
optimises the mechanical strength at each cortex. This explains why the femur is more 
likely to fail on the anterior surface [112-114]. The anterior surface would be subjected to a 
tensile load, whereas the posterior cortex would be subjected to a more compressive load 
posteriorly. The posterior cortex is therefore strengthened reinforced by the re-orientation 
of lamella along compressive lines. Small angle x-ray scattering in a study by Fratzl  et al 
confirmed the above mentioned findings [115].
Various mechanical studies have demonstrated the difference in mechanical values of 
Young’s modulus and ultimate stress of cortical and cancellous bone in tension and 
compression as shown in tables 2.4.1 and 2.4.2. 
Table 2.4.1. Showing mechanical values in cortical bone
Elastic modulus (x10 E9 
N/m2)
Ultimate stress (x10 E6 N/
m2)
Tension 11.4 - 19.1 107 - 146
Compression 15.1 - 19.7 156 - 212
Table 2.4.2. Showing mechanical values in cancellous bone
Elastic modulus (x10 E9 
N/m2)
Ultimate stress (x10 E6 N/
m2)
Tension 0.2 - 5 3 - 20
Compression 0.1 - 3 1.5 - 50
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Values for cortical bone in table 2.4.1 are taken from Evans , Kotani and Wright [102, 116, 
117]. Values for cancellous bone in table 2.4.2 are taken from Currey, Carter, Weaver and 
Galante [99, 100, 118, 119].
Both types of bone are stronger in compression than in tension. However, this is not 
always the case, particularly in bone which has suboptimal collagen to mineral ratio such 
as that in paediatric bone or osteoporotic bone. Examples of compression fractures in 
paediatric and osteoporotic populations include torus and spinal wedge fractures 
respectively [120, 121]. 
This knowledge is invaluable in implant design, such as plates being used as tension 
bands. In essence, the tension side of bone can be re-inforced by applying a plate on the 
side of eccentrically loaded bone such as a femur. By pre-bending the plate it also allows 
tension resistance on  the convex surface and compression on concave aspect of loaded 
bone.
2.3 Modes of biomechanical testing
A surrogate for the assessment of bone quality is biomechanical strength. This is due to 
the notion that bone mass, bone composition, geometry and material properties all 
contribute to its structural integrity [122]. Modes of testing can be subdivided into those 
that assess mechanical properties, those that assess bone geometry and those that 
analyse bone micro-architecture (Figure 9) [123]. Specific to the level of hierarchy studied 
in this thesis includes microbeam, micro-indentation and nano-indentation testing.
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2.3.1 Microbeam
This is conducted to isolate the material intrinsic properties of bone. In these tests a 
section of bone as small as 200 x 200 x 2000 micrometers, are derived from either cortical 
or cancellous bone, and then loaded in a fashion to allow bending or tension loads to 
occur. Traditionally this has occurred through 3-point bending popularised by Kuhn et al 
[85], however more recently there has been a drive towards 4-point bend testing [84]. This 
is shown in Figure 10 [124].
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Figure 9. Describes methods of testing at structural levels. Dark grey bars - mechanical 
testing, medium grey bars - micro-architectural and light grey bars - compositional tests. 
Taken from Donnelly, 2010.
Figure 10. Three-point and four-point bending tests with difference in applied load. 
Taken from Khan et al.
In 1989, Kuhn et al, studied human cadaveric trabecular and cortical iliac crest segments 
using a Leitz microscope body and stage, which was modified. A load was applied through 
a head attached to the stationary body tube of the converted microscope (vertical 
movement controlled by the stepper motor). Force and deflection data was acquired from 
a load cell set on a stage and a linear transformer was used to convert mechanical into 
electronic data (Figure 11). 
Choi et al, built on this idea and a year later, configured the loaded head to a four-point 
bending system, in his study analysing human cancellous subchondral and trabecular 
bone from a tibia [84]. The move away from three-point bending has been as a result of an 
acknowledgement that the stress applied in such a test is very concentrated into a focal 
area, which leads to micro-shear forces, that can lead to premature failure of bone [87]. 
Four-point bending therefore, gives a “purer” test, with the elimination of shear forces. The 
deflection in such a set up is commonly measured using an electronic set up, where a 
sensor crosshead is centred on the central neutral axis of the structure being tested, with 
the cross-head measuring the furthest deflection. Four-point bending is also particularly 
useful where there has been a compromise of bone quality, such as bone which is likely to 
exhibit brittle behaviour, as this cannot withstand shear stress as well as physiologically 
normal bone [125]. From microbeam bend testing, certain mechanical results indicative of 
27
Figure 11. Modified Leitz microscope designed by Kuhn et al for three-point bend 
testing.
intrinsic properties can be derived such as that described above (stress, strain, elastic 
modulus, toughness). This was thought to be the most suitable form of mechanical testing 
in this thesis.
2.3.2 Microindentation
Indentation testing can be used to test the material properties at the microscale or bone 
structural unit. This consists of pressing a hard tip with a known force into an object, with 
measurements at the contact area recorded. As a result the “hardness” of a material is 
measured. This is a material surface property defined by the force divided by the imprint 
area, and it characterises resistance to plastic deformation. The theory being that in 
structures with higher hardness, there is an increased elastic modulus. One such study 
utlising micro indentation is that by Hodgskinson et al who conducted a study in 1989 on 
cancellous and compact bone. Bone specimens underwent micro-indentation testing, and 
it was shown that in cancellous bone (mean 10% mineral content), that hardness and by 
extension Young’s modulus was reduced by a mean 12% [126]. 
Depth sensing technology is utilised to measure tip displacement. Tips are often made 
from diamond and are commonly spherical, four-sided pyramidal or asymmetric pyramidal 
shapes. Spherical tips are often most commonly used however they are most difficult to 
manufacture. 
They allow minimisation of plastic deformation and damage to the structure outwit the 
experimented region. This is an advantage over micro-beam testing which damages the 
whole micro-structure as it loads to failure. Other advantages include ease of testing and 
the ability to conduct multiple experiments on various sections of the beam to be tested. 
Conversely however, if the study methodology requires testing to failure, then micro-
indentation alone is not sufficient, and either whole bone, body tissue or microbeam testing 
should be utilised.
More recently there has been development of micro-indentation testing for in vivo 
specimens utilising a hypodermic needle [127]. However this has not been validated.
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2.3.3 Nanoindentation
This was introduced by Oliver et al, with six types of beams used including silica, glass, 
aluminium, tungsten, quartz and sapphire. This was designed to solve the problem of 
“collateral damage” that occurs to the area surrounding the indentation when micro-
indentation is used. Oliver et al utilised a three-sided pyramidal shaped indenter was 
sequentially loaded and unloaded to allow elastic followed by plastic deformation and the 
contact area measured. This provides a sum of displacement in the loading/unloading 
curves [128]. The result is a more precise measure of indentation area than previously 
utilised with micro-indentation, which relied on making an indentation to plastic 
deformation and then measurement of this area using a microscope (Figure 12). 
Nanoindentation is capable of analysing an even smaller scale (nano scale as opposed to 
microscale), to the level of the individual lamellae to within a 5% error rate [129]. In 
addition to the indentation tip, a scanning probe microscope is also utilised to detect an 
even smaller area of indentation. This method can also be utilised to detect subtle 
mechanical changes in diseased bone pr that subject to drug treatment. However this 
requires the need for specialist instrumentation at some cost. 
Additionally the specimens would have to be accurately machine prepared in order to 
deliver the smoothest surface possible for testing, not visible to the human eye. The 
economic burden as a result of this in addition to the level of investigation conducted in 
this thesis meant that this method of testing was not required or appropriate. 
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Figure 12. Image of nano-indent created on a surface using a pyramidal indenter. 
Taken from www.nanotechnik.com
2.3.4 Finite Element Analysis (FEA)
Initially theorised in the 1940’s by Hrennikoff [130] and Courant [131], this is a 
technological development that allows for the prediction of how a structure will behave 
under load, by breaking the structure into “finite elements”, or ultrastructure nodes. The 
subdivision into finite elements allows for accurate representation of complex material 
geometry, capture of local effects and inclusion of all elements within a cubic structure eg 
mineral, collagen fibrils and cross-links in bone. 
The most commonly applied method is the voxel-conversion technique, where a voxel is 
the 3-dimensional equivalent of a pixel (2-dimensional). The idea is to firstly image the 
specimen in question, using micro-computed tomography (micro-CT) or micro-magnetic 
resonance imaging (micro-MRI). This image is then uploaded onto computed software 
which creates a mesh of nodes to “fill” the geometrical structure being tested (comprising 
the elements in the block). As there are intrinsic values for bone that are available in the 
literature, a simulated “load” can then occur on simulation software, to predict how the 
structure will behave. One disadvantage of this model is that the “known” values in the 
literature are not absolute, with significant variation. This is based on confounding factors, 
such as type of bone used, location in the bone, size of segments, mechanical testing 
methods and unstandardised bone quality which will be explored later in this chapter.
More recently, the voxel-based FEA model has been validated in the literature by 
Chevalier et al, in order to reduce the level of assumption in the literature. Human 
trabecular bone was extracted from proximal femora and underwent uniaxial mechanical 
testing utilising nano-indentation. A parallel FEA model utilising the same bone was 
simulated alongside the biomechanical study. An excellent correlation was observed in 
density and mechanical testing results [132]. A significant limitation of FEA remains that 
the model is only as good as the operator who generates the geometrical images for the 
model. Any error is therefore amplified in bone of varying quality eg osteoporotic bone. 
Furthermore, it does not take into account the influence of the soft tissue envelope, which 
can cary both the magnitude, as well as the direction of the external force being applied to 
load [132].
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For the purposes of this research, FEA is unsuitable. This is due to the fact that there are 
no known values for a staged model for demineralisation and decollagenisation, which 
forms a novel aspect of this thesis. Therefore, it would only be suitable for FEA following 
the generation of results.
2.4 Modes of bone failure
Much of the understanding of fracture biomechanics is based on the understanding that 
bone is strongest in compression and weakest in tension. The simplest example is a long 
bone undergoing a pure bending load; there is a concave compression side and a convex 
tension side as explored earlier. The tension side undergoes progressive elongation until a 
crack appears. 
2.4.1 Crack initiation/propagation
Fractures originate through the initiation of a crack. A crack is a volume-less defect in an 
osteon. This is due to certain interfaces within an osteon that provides structurally weak 
areas, providing the path of least resistance for a crack to appear and propagate. This is 
particularly true when bone is not loaded along physiological lines such as in pure 
bending. 
In cortical bone, the weakest point is along the “cement lines”, first described by Von Ebner 
in 1875. These are thin lines that around the haversian systems (vascular supply) in bone. 
In the early 1900’s these cement lines were examined to delineate their components, with 
Weidenreich et al finding that there was an absence of collagen fibres, with the mineral 
having a more granular structure under histological staining [133]. Schmidt et al, under 
polarised light, found no evidence of any specific “cement” or grout structure that differed 
to the micro-structure of bone [134]. Philipson et al, examined bone sections from 
orangutan and whales under x-ray diffraction, finding low values of collagen, but noted 
there was upto 50% increase in mineral in these regions (hypermineralised) [135]. 
Cement lines result from the area in bone where there is a reversal of the absorption 
phase during remodelling, to a bone formation phase, and is why there is a relative 
hypermineralisation. This reflects the overactivity of osteoblasts in phase two of 
remodelling [136, 137].
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The cement lines form areas of weakness compared to surrounding lamellar bone. Dong 
et al investigated the cement line interfacial strength in human humeral diaphyseal cortical 
bone by performing osteon push-out tests. The cement line interfaces tested were 1) 
between osteon and interstitial bone and 2) between bone tissue lamellae. The shear 
strength between lamellae were found to have an average of 73.71MPa, whereas the 
shear strength of cement lines in interstitial bone were much lower at a mean of 7.21MPa 
[138]. Bigley et al conducted a similar study but on equine cortical bone, whilst the mean 
interstitial cement line was lower (30.7MPa), than lamellar (32.7MPa) [139], the values 
differed significantly to the study from Dong et al. Several causes for this discrepancy are 
possible. Firstly the bone from different species were tested (human v equine). Secondly, 
humeral non-weight bearing bone was used for one study, whereas third metacarpal bone 
was used for another. Different bone block measurements and thicknesses were used 
which can confound the intrinsic properties of bone under testing. Additionally, Bigley et al 
used one standardised push out tray and hole for mechanical testing, whereas this was 
varied by Dong et al, where multiple smaller holes were used for the interstitial cement line 
interface.  
It is therefore at the interstitial cement line interface, where a crack is likely to initiate, as 
this reaches its yield point at a lower load than that of the surrounding bone. With repetitive 
loading, or with an excessively high primary load, the crack is able to progress 
transversely along cement lines through the material, and this progresses to the outer 
layers until the cortex fails. 
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2.4.2 Delamination failure
This is best described as a critical failure mechanism in laminated fibre reinforced polymer 
matrix composites. [140] Examples of fibres used include fibreglass, carbon fibre, basalt 
and aramid (Figure 13)
Fibre-reinforced material do not fail by initiation or propagation of a single crack, but rather 
the accumulation of these. Once the fibre fails, strength is dependant on the individual 
laminated sheets which were reliant on the fibre. The high inter-laminar stresses exceed 
the through thickness strength of the relatively weaker individual sheets. Failure of this 
polymer occurs as a result of an initial fibre fracture [141]. Cyclic fatigue or loading out of 
plane are examples of mechanisms which can induce this initial failure. Specifically, three 
ways are known for fibre failure:
1. Crack propagation as a result of undue stress at the crack tip
2. Yield of matrix around the crack tip leading to an invagination of the fibre into the 
matrix
3. Shear failure of the interfacial region [142]
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Figure 13. Fibre reinforced polymer composite. Modified from 
kenzgerlessmanhand.id.st.
These three mechanism all lead to a reduced toughness of the composite [143]. Cross-link 
contribution to delamination failure in bone remains unclear. The most comprehensive 
study on the delimitation effect in bone was conducted by Fantner et al, utilising trabecular 
human and bovine vertebral bone samples. Atomic force microscopy was utilised to study 
the mechanical effects at the fibrillar level, with electron microscopy used to delineate the 
changes seen. A delamination effect was noted between collagen fibrils in bundles, with a 
shearing effect observed at the cross-links (Figure 14) [144].
2.4.3 Fragility failure
Fragility fracture is defined by the World Health Organization as "a fracture caused by 
injury that would be insufficient to fracture a normal bone as a result of reduced 
compressive and/or torsional strength of bone” [145]. 
As explored above, the tendency is for bone to fail on the tension side of an applied load 
as opposed to compression. This is based on the knowledge that bone is anisotropic and 
stronger in compression. However, fragility fractures fail partly as a result of bone that is 
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Figure 14. Delamination effect noted on a trabecular level (A) ranging to a fibrillar 
level (F) where cross-link shearing is noted between bundles. Taken from Fantner 
et al.
weaker in compression. Leng et al analysed the post-yield behaviour of cadaveric tibiae 
from middle aged (over 53 years old) and elderly age groups (over 83 years old). The 
bones were from donors that were not known to have bone disease. Cylindrical specimens 
from the diaphysis were mechanically tested in cyclic loading-relaxation at a low strain rate 
of 0.001 strains per second. It was found that in the elderly bone, there was progressive 
reduction in elastic modulus, yield point, stress relaxation and energy dissipation under 
compression [146].  The most recent study to analyse bone behaviour with age is that by 
Zioupos et al in 2020. This was mainly looking at the effects of ductile to brittle transition. 
A ductile material is one that exhibits a degree of post-yield strain, whereas a brittle 
material is one that fails in the elastic phase and exhibits little to no post-yield behaviour. 
Zioupos analysed cadaveric donor femora in those following skeletal maturity (aged 15 
and over), and those long after skeletal maturity (aged 55 years and over). Over 100 
samples of bone were machined into segments from the mid-diaphysis and loaded along 
the mechanical axis of the femur. These were then notched in order to test work to fracture 
(surrogate of toughness) and loaded in three-point bending. In addition to supporting the 
findings of Leng et al, a progressive shift was seen from the young to the older bone, from 
a ductile to more brittle type behaviour. It was also shown that older bone required a 
smaller change in strain rate in order for it to exhibit a duct to brittle transition in behaviour 
compared to the younger bone, which maintained its ductile properties until much high 
strain rates (from ~ 9 × 10 micro-strains per second for young to ~0.7 × micro-strains per 
second for the elderly bone) [147].
This is an important concept that contributes towards our understanding of fractures that 
fail in compression, otherwise known as insufficiency fractures, such as that seen in the 
vertebra and sacrum. The causes of compression failure and thereby fragility fracture is 
likely multifactorial. However, it has been postulated by visualisation using electron 
microscopy that the mineral and collagen phases have varying relaxation rates, whereby 
the mineral component relaxed immediately ready for another load cycle, compared to the 
collagen phase which requires additional time to reach maximum relaxation in time for 
another load. This therefore transfers the load for a brief period almost exclusively onto the 




The importance of identifying the fracture type is related to its treatment. A clinical example 
of this includes paediatric femoral fractures, with long oblique fractures being more “length 
unstable” than transverse fractures. Subsequently, the oblique fracture may merit 
treatment other than flexible nailing, compared to a transverse fracture, which is relatively 
more length stable and where flexible nailing suffices for stability [148, 149].  In order for a 
fracture to reduce appropriately and heal, the forces need to be reversed and anatomy 
restored. Failure to understand this renders inappropriate treatment, and combined with 
early rehabilitation can lead to a recurrence or failure, as the forces which created the 
fracture are not held in check.
Fractures types vary according to the traumatic vector which is applied to bone. This is 
also dependant on the surrounding soft tissues which can often absorb energy (change 
magnitude) and the loading direction (overall vector) [150]. Figure 15 shows the common 
fracture types in clinical practice.
Transverse fractures are tension fractures, with a primary load applied perpendicular to the 
long axis of the bone. They may also occur as a result of internal loading tension such as 
the case with medial malleolar injuries [151]. These are typically lower in energy [152] due 
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Figure 15. Fracture types resulting from applied loads. 
Taken from Rockwood and Green’s.
to the fact these are primarily tension failures, with crack propagation along lines of least 
resistance in the transverse plane. 
The bending load need not be purely perpendicular for a transverse fracture to occur, 
particularly if there is no compressive component [153].
Oblique fractures, as the name suggests, occur obliquely or diagonally to the long axis of 
the bone. They can occur as a result of a pure axial loading (where the bone’s natural 
compression and tension surfaces come into play) [151], as a result of of a combined 
bending and axial loading, or combined torsion and bending [153]. In a pure axial load, a 
shear force comes into play at 45 degrees to the axial load, with a shear force being when 
two forces enact in opposing directions across the bone. Where a torsional force is 
dominant along with a bending force, a long oblique fracture will occur as opposed to a 
short oblique [150].
Spiral fractures occur almost exclusively through torsional forces [154]. This fracture type 
has a distinct vertical component and sharp ends. Depending on the orientation of the 
rotational force, either a right-handed or left-handed spiral occurs [150].
2.5 Role of mineral in bone
The mineral content of bone has been has been shown to confer strength and stiffness 
[155]. The ratio of bone mineral to collagen content is very important as this helps 
determine the degree of stiffness and toughness. Increasing mineral content in bone 
makes bone “stiffer”, however this is balanced against the fact it becomes more brittle.
To understand the effect of mineral variation, exaggerated biomechanical models of 
hypermineralisaion or hypomineralisation can be explored. Interesting examples of 
structures with hypermineralised content include the fin bulla of a whale or ossicles of the 
auditory canal. The high mineral content increases their stiffness, however both are not 
designed for their strength, rather for their acoustic properties. In contrast, deer antlers are 
relatively hypomineralised and have a reduced Young’s modulus. However this means 
they can withstand a higher ultimate strain and require exceedingly more stress to fracture 
[156]. Figure 16 demonstrates the mechanical properties of these bones.
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A biomechanical model for increasing stiffness in more mineralised bone has also been 
proposed by Currey et al. One such study involved immature rabbit metatarsals, and these 
were dynamically loaded in three-point bending. Ash content (a crude measure of mineral 
content) and elastic modulus were elicited to observe for any correlation. Low values of 
ash content were found to be reflective of lower elastic modulus and vice versa [157]. In a 
an annotation article, Currey argues that bone with increased mineral content has longer 
apatite crystals without a corresponding increase in thickness and it is this length to 
thickness ratio that affects stiffness. In addition, as more mineralised bone is more 
saturated with apatite crystals, this leads to end to end fusion of said crystals, also 
contributing to their stiffness, almost as one mega-structure. This was based on 
observations of bone under electron microscopy [158]. This work is supported by Kubala 
and Vose, who tested the strength of cadaveric femora. Using a make-shift hydraulic 
loading device, the whole bone shaft was loaded to failure and measurements of deflection 
taken. Bone strength was mathematically determined against a constant load. The ash 
content was determined by pulverising a segment of bone, and running an x-ray beam 
through this, with a percentage x-ray transmittance recorded. Ash content ranged from 
63% - 71%, finding a positively linear relationship from 6.5 - 24 kg/mm2 of stress to failure 
required [159]. 
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Figure 16. Relationship between Young’s modulus and strain in 
various structures. Taken from Turner et al
2.6  Role of collagen in bone
The organic content of bone plays an important role in the mechanical properties of bone. 
The importance of collagen fibres on mechanical properties has previously been explored 
[109, 110, 160-163]. Collagen fibre orientation has been shown to be of great importance 
in the toughening mechanism of bone [164-167]. The energy absorbed which confers 
degree of toughness, is absorbed in three ways [7]:
1. In the form of diffuse damage prior to the generation of a crack. 
2. Energy required to start the “final crack” that propagates into fracture. 
3. Energy required to “drive” the crack into a final fracture leading to two or more distinct 
fragments.
One of the first to study this was Gebhardt (1905) who was able to show that collagen 
fibres oriented longitudinally showed tensile strength and those oriented transversely 
showed compressive strength [168]. This work was further corroborated by Ascenzi et al, 
who studied tensile and compressive properties in single osteons. In addition to 
Gebhardt’s findings, it was shown that the stress-strain curve and therefore modulus of 
elasticity differed in osteons with a higher collagen to mineral ratio, with said osteons being 
less stiff [3, 169]. 
The anisotropy of collagen type 1 seems to result from the alignment of sub fibrils along 
the fibril axis. Varying biomechanical values have been given for the collagen type 1 fibril. 
Graham et al stretched in vitro assembled type 1 collagen from human fibroblasts using 
atomic force microscopy and obtained a Young’s modulus of 32MPa [170]. Eppell et al 
mechanically tested the sea cucumber, which contain collagen fibrils similar to those found 
in vertebrates, and showed a Young’s modulus of 550MPa.[171] Yang et al, tested 
collagen fibrils from bovine achilles tendon using a home-built atomic force microscope, 
and found varying Young’s modulus for dry (5 GPa) and wet (0.2-0.5 GPa) collagen fibrils 
[172, 173]. The varying values found in these studies indicate lack of standardisation in 
mechanical testing as well as condition of collagen fibril on testing. Atomic force 
microscopy cannot provide more than low strain rates and this therefore fails to provide 
accurate information with regards to rate dependant properties of a fibril. 
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Furthermore, testing collagen away from its natural habitat renders it susceptible to cyclic 
fatigue and dehydration induced embrittlement, thereby skewing the values [171].
Viguet-Carrin et al considered the structure of the collagen fibre of vital importance to 
properties such as bone ductility and toughness [16]. It is known that conditions in which 
there is a mutation in collagen formation, such as Osteogenesis imperfecta, are associated 
with fracture fragility. Changes in collagen orientation and content can therefore affect 
fracture mechanics and susceptibility. In the more common condition of osteoporosis, 
collagen cross-links are affected leading to fragility and previous investigation of this effect 
on rats has been tested showing changes in mechanical properties [174, 175]. Kovach et 
al has shown, using a laser autofluorescence technique employed on ageing baboon 
cortical bone specimens, that bone toughness is significantly reduced[176]. Further work 
on baboon cortical bone by Wang et al supported this. In his study, cortical bone was 
enzymatically denatured in an effort to replicate ageing bone, and in this he showed that 
fracture toughness was  up to 20% lower (Figure 17). 
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Figure 17. Fracture toughness reduction in denatured collagen in male and female 
baboon cortical bone. Taken from Wang et al.
In a further study by Wang et al, human cadaveric femoral cortical segments were 
thermally denatured to affect the organic phase. Mechanical testing of bone using three-
point bend testing showed that fracture toughness reduced to a few percent of original, 
and interestingly, bone stiffness remained minimally affected [177]. The main limitation to 
these results however was the inability to specifically target bone collagen fibres without 
affecting the surrounding mineralised framework. Additionally three-point bending only 
provided mechanical properties in one mode of failure.
The reason for this reduction in toughness is not entirely clear in humans, however, Jonas 
et al has previously shown in copper deficient rat bone that collagen cross-links are 
directly related to bone strength [178].  This has been backed by Lees et al in a further 
study on rat bone [179]. It is also important to note that other mechanisms have been 
shown to affect fracture toughness. These mechanisms are micro-cracking and crack-
bridging, which are vital toughening mechanism in bone [180].
Vashishth et al showed that intrinsic micro-cracks were a major factor associated with the 
toughening of human and bovine bone. A proposed mechanism was microcrack tip 
dilatation in ductile bone leading to a re-distribution of the stresses around the fracture tip 
by lowering bone stiffness [181, 182]. Further studies on this by Wang et al proposed a 
further detailed extension to this mechanism at the nanocrack level [183].
In contrast, Nalla et al argued that the extrinsic crack-bridging mechanism was the main 
contributing factor to toughening in large crack sizes, and that micro-cracks alone were 
insufficient to increase fracture toughness. The role of crack-bridging is to lower 
compliance (by increasing stiffness) through bridging collagen fibres as shown in Figures 
18 (a) and (b) respectively. The untracked ligament bridges result from either a nonuniform 
crack extension or where the main crack attempts to link up with the small crack [184]. 
This is further backed by other studies which provide similar conclusions [185-187].
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The relevance of the toughening mechanisms can be related to the hierarchical structure 
to be explored in this thesis, which addresses the nanostructure of bone. A previous 
section of this chapter has addressed methods of failure, one of which involved 
delamination failure [144]. Whilst the cross-links in themselves are part of the ultra-
structure, these do link the mineralised collagen fibrils which form the nano/micro-
structure. Failure of the micro-structure does not occur independently to the failure of the 
structures which link them, and in fact, they seem to work in concert [143]. Failure of the 
micro-structure therefore needs to take into account that the collagen fibres in themselves 
can be disrupted.
2.7 Physiological changes in ageing
An ageing population is one that is distinguished by a growing number and proportion of 
older individuals, with a rising average population age. According to the United Kingdom 
Office for National Statistics in 2019, the average age of the population continues  to rise 
as a result of greater life expectancy, exceeding the birth rate. In the next 50 years, it is 
estimated that there will be an additional 8.2 million people aged 65 years and over in the 
UK. Additionally, the over 65 year age group is the fastest growing age-group [188]. This is 
important to know as in order to match the challenges of an ageing population in the form 
of fragility fracture prevention and treatment, it is essential the scientific community is 
aware of the physiological changes of ageing bone at a micro-structural level.
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(b)
Figure 18. Histological images of (a) bridging collagen fibers and (b) untracked 
ligament bridges. Taken from Nalla et al
2.7.1 Micro-structural change
Wang et al has previously reported that there is an optimal mineralisation density that 
leads to maximal bone toughness before brittle behaviour commences [189]. Seeman et al 
has previously deduced there is an oestrogen effect leading to an overall loss of mineral 
as a result of negative bone turnover. Furthermore, Seeman also demonstrated that bone 
toughness increases in the initial hyper-mineralisation phase, however this then leads to a 
negative balance when it exceeds a peak level [190].  It has also been shown that as a 
result of deranged remodelling with ageing, the crystals that are present are larger than 
those found in healthy young bone. Furthermore, these larger crystals act as a site of 
stress concentration and therefore more likely to be the initiation point for micro-cracking 
[191].
It has been argued that the effect of ageing on the collagen matrix underpins the negative 
effect on bone toughness [189]. Previous studies by Langdahl and Mann have shown that 
bone toughness can be independent of mineralisation level, this therefore implies an 
essential role in other structures such as the collagen matrix [192, 193]. Overall, the effect 
of collagen on ageing is not clearly understood. However, one potential method has been 
demonstrated in baboon bone. Wang et al expanded on work by Kovach et al [194] who 
had studied the effect of ageing cortical baboon bone on fracture toughness. In a separate 
study, he demonstrated that the specific mechanism of non-enzymatic glycation was 
thought to be a contributor to the reduced mechanical properties of the collagen network 
[195]. 
Perhaps the most proposed mechanism seems to be age related effects on the 
intramolecular collagen crosslinks without necessarily hindering the overall collagen 
concentration [196-199]. Exact mechanical testing on young, middle-aged and elderly 
bone has also been tested with the collagen network being shown to have a 35% 
decrease in mechanical strength, 30% reduction in elastic modulus and 50% reduction in 
ability to absorb energy between the young and elderly [177].
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2.7.2 Macro-structural change
On a macro-structural level,  bone mineral density describes bone mineral per unit volume 
of bone. Ageing shows changes leading to hyper-mineralisation in varying areas of bone, 
with overall loss of bone volume being the greatest contributor.  This is contrary to the view 
that bone mineral density decreases with ageing. Reid et al analysed the ribs of human 
from varying ages from 8 weeks to 59 years of age. Scanning electron microscopy was 
used to assess bone density, by analysing the proportion of pixels falling in a uniform set 
of grey levels. This was then converted into a digital computerised image. Higher density 
bone was found in those in the older age ranges [200]. Zagba et al analysed the cadaveric 
femora of subjects aged 18-96 years old, both micro-radiographically and histologically. He 
noticed that from the age of 48, subperiosteal bone appeared to become more hyper-
calcified, this is in addition to calcification of the periosteum itself [201]. 
Perhaps more importantly, is the effect of ageing on bone mineral units themselves. Ruff et 
al studied 119 human cadaveric cortical bone of femora and tibiae, aged 20 to 70 years 
old. Cross-sectional analysis utilising photon absorptiometry was undertaken on these 
specimens, with visible increased cross-sectional bone area consisting with expansion 
after the age of 35 years. However, there was also loss of overall bone density, as a result 
of loss of bone volume. It was deduced that the increase in cross-sectional area is part of 
the remodelling process to compensate for loss of mechanical strength through loss of 
bone volume [202]. Basle et al studied osteoporotic bone density in cadaveric iliac bones 
of the pelvis. Calcium and phosphorus element concentrations were evaluated in cortical 
and trabecular bones using energy dispersive x-ray. The results suggested that the 
decrease in bone density in osteoporosis is related to bone volume as opposed to 
changes in the elements within the bone mineral units [203]. 
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The overall reduction in bone mineral units seems to be as a result of remodelling 
“uncoupling” meaning bone formation cannot keep up with bone resorption. There is no 
clear understanding of signal transduction disruption although a few mechanisms have 
been postulated. Previous mechanisms proposed include; 1) a change in calcium hormone 
secretion or metabolism being a factor [204-206], 2) a decrease supply of hormones via 
reduced bone perfusion [207, 208], 3) changes in crystalline properties of bone material 
[209] and 4) an age related decrease in metabolic activity of osteoblasts [210-212]. The 
resultant hyper mineralisation and reduction in bone volume leads to the accumulation of 
unchecked micro cracks which ultimately affects the macrostructure of bone thereby 
leading to fracture [164, 213-215].
2.7.3 Mechanical change
Between the ages of 35 and 70 years old, cortical bone strength in bending is diminished 
by around 20% and cancellous bone strength in compression is diminished by upto 50% 
[216]. It is known that there is a change in bony architecture with increasing age, and this 
is associated with an increased risk of fractures [7]. Both qualitative and quantitative 
changes occur in bone architecture resulting in a decrease in bone mass and strength. 
Whilst there is an extra-skeletal element to this increased incidence such as impaired 
reflexes, altered proprioception, reduced visual acuity and co-morbidities, there is also a 
skeletal element. 
Zioupos et al obtained cylindrical cortical bone specimens from cadaver human males, 
aged 35-92 years without any underlying bone pathology. He was able to show a linear fall 
per decade of life in bone elastic modulus, strength, fracture toughness and work to 
fracture. Zioupos concluded that this was due to; a) reduced ability of ageing bone to 
absorb damage and b) reduced ability to resist the formation of a macrocrack [7]. Further 
work by Currey [5] and Zioupos supported these findings [217].
Previous evidence has also suggested that age related deterioration of bone quality may 
be due to the interaction between the mineral and collagen matrix as part of remodelling 
[218].  Bone remodelling is constant in healthy tissue and is a result of bone resorption 
through osteoclasts being balanced by bone formation through osteoblasts. This results in 
no net loss in bone tissue [219]. 
45
Various specific age related changes have been proposed. This includes failure of 
osteonal and endotrabecular remodelling to replace and repair  fatigue damage. 
Remodelling also affects collagen fibre orientation, mineralisation and amount of 
unrepaired fatigue damage, which are determinants of bone stiffness and strength. Finally, 
changes in bone mechanical properties as a direct result of reduced regional collagen fibre 
variability and new cement line interfaces seem to weaken bone during monotonic tests. 
All of these deficiencies are considered crucial during the ageing process and seem to 
have a direct impact on mechanical properties [216, 220-222]. 
Ageing alters the force required to fracture, particularly in trabecular regions, causing the 
common variations in  elderly fractures to occur here, such as the neck of femur, vertebral 
compression fractures and distal radius fractures [223]. Trabecular bone stiffness varies 
with variation in bone density. Carter and Hayes undertook compressive mechanical 
testing on trabecular bone in human and bovine femora, showing that the strength of bone 
was proportional to the square of the apparent density, and the elastic modulus was 
proportional to the cube of apparent density [224]. Russo et al, looked at both cortical and 
trabecular bone in the tibia in over 1000 patients aged from 20 - 102 years old. Bone 
density, mass and cross-section was analysed using quantitative computed tomography. 
Cortical bone density was seen to reduce linearly with age in both sexes, being 
significantly smaller in women aged over 60 years old despite. The theorised minimum 
moment of inertia was significantly lower in older women, whereas in men this remained 
stable. One reason for the sex difference was thought to be due to a more efficient change 
in cross-sectional area to density in men, compared to that in women [225]. This was 
further substantiated by Burstein et al, who machined cadaveric human femora/tibiae and 
tested these mechanically. There was a progressive decrease with age in ultimate 
strength, strain and elastic modulus [91].
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2.7.4 Young sportsmen
Young active individuals are expected to have optimal mechanical properties. Exercise is 
known as a positive contributor to peak bone mass in young adulthood [226]. There is a 
general lack of understanding as to the mechanisms surrounding this process with conflict 
in the literature particularly with animal models. Judex et al studied the effect of high strain 
jumps on the metatarsals of growing roosters. In vivo strain gauges were used as roosters 
were dropped at force, at least 50 times a day for 3 weeks. There was a positive 
correlation between bone formation rate and those roosters that underwent high jumping 
compared to controls. On histochemical analysis, an increased osteogenic profile was 
noted on the endosteal surface of metatarsals [227]. The reasons for this were thought to 
be due to osteocyte mechanosensors leading to osteoblast and osteoclast de-coupling, to 
enhance bone formation, following the same principles of Wolff’s law as explored above. 
This is not supported by rat models which were conducted. Zernicke et al, conducted rat 
tibial testing following a 10 week exercise program against controls. The tibia were then 
sectioned and underwent mechanical and histological testing. The elastic modulus and 
yield points of the exercised tibiae were significantly less, although cross section and 
histology did not differ [228]. Forwood et al undertook a similar study, with rats undergoing 
treadmill testing, then conducted similar mechanical studies on femora and tibiae. A 
reduction in stiffness was noted in the exercised group. Furthermore, the bone formation 
seen in the study by Judex et al was not supported in the above rat models [229]. There 
are significant confounders between these studies which can explain the discrepancy 
however. Firstly the animal model and bones tested significantly different (rooster 
metatarsals versus rat tibia). Secondly the exercises and duration of exercise differed, with 
high impact loading for roosters, and cyclic treadmill testing for rats, which puts the rat 
bones at risk of fatigue damage and increased micro-crack formation. It is therefore 
difficult to reach any conclusion between the two models, however it does seem that there 
is a mechano-stimulatory effect on bone regardless of exercise.
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In contrast, there is clear correlation between exercise and mechanical properties in 
humans, with a consensus in the literature. Bradney et al compared the adolescents of two 
schools (twenty patients) of similar socio-economic background, with one group 
undertaking an 8 month exercise program compared to the control. Dual x-ray 
absorptiometry scanning, with a significantly increased cortical bone thickness and bone 
density seen in the exercise group [230]. This finding was supported by Courteix et al, 
when looking at bone mineral density in pre-pubertal girls who underwent high loading 
activities such as gymnastics compared to controls [231]. Several longitudinal studies in 
adults have also been undertaken. Lloyd et al retrospectively analysed 81 caucasian 
female university students, using self-assessments of their exercise patterns from the ages 
of 12-18 years old. DEXA scanning was utilised to assess hip bone mineral density at time 
of study, finding a positive correlation between activity in early teenage years and bone 
density [232]. Nilsson et al compared the bone density of 184 healthy 24 year old male 
athletes, to 177 age matched controls. Quantitative-CT (bone cross-section) and DEXA 
(bone density) were used to assess the radius and tibiae of these patients. There was a 
higher mean in the athletes with higher cross-sectional area (16.4% increase) cortical 
thickness (5.4% increase) and bone density (14.5% increase) compared to the control 
group [233].
This correlation with increased bone density with exercise, directly correlated with a 
mechanically stronger construct. There are higher elastic moduli for bone with increased 
density, which increases the proportional limit and yield points. The resulting outcome 
would be one in which a higher energy would be required to achieve failure of bone. For 
example if one adult who does not exercise, is impacted by the same vector, as an age-
matched adult who does exercise, the resulting mechanics of bone would be different. And 
it is more likely that the exercising adult would be able to resist more of this force before 
fracture [234]. This also has implications on orthopaedic practice, whereby the process of 
drilling and reaming of long bones is a more arduous task, generating greater thermal 
necrosis of bone, in younger healthier individuals [235].
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2.7.5 Transitional change
Paediatric to adult 
The age at which bone behaviour transitions from paediatric to adult type behaviour in 
humans is also a subject of debate. Little work has been done on paediatric bone, partly 
because of the difficulty in collecting this tissue. Mueller et al carried out work on 
trabecular iliac bone from newborn to elderly and found no significant change in the 
organic fraction with age [30]. Currey et al looked at the femora from 9 subjects ranging 
from 2-48 years old and observed a lower ash content in children. He also found that 
paediatric bone was weaker and less stiff, deflecting more and absorbing more energy 
before failure [5]. Ohman et al studied cortical bone (tibia) of children and adults, looking at 
compressive behaviour. It was found that due to the increased ash density in adult bone, 
there was higher young’s modulus and yield point. The oldest cortical bone studied in the 
paediatric group was 15 years old [236]. The disadvantage of this study was that the 
paediatric bone studied was pathological, being harvested form patients who suffered from 
cancer. None of these studies were able to study a large enough number to delineate a 
transition point in behaviour from paediatric to adult.
Much remains unknown about the point at which bone transitions from paediatric to adult 
behaviour. Perhaps the best assessment is using markers of skeletal maturity. The 
“Tanner-Whitehouse (TW) protocol for Assessment of Skeletal Age" is the most widely 
recognised predictor [237]. The original version provided a maturity indicator based on 20 
bones including radius, ulna, carpals, matacarpals and phalanges. The radius, ulna and 
carpals were later eliminated as these were thought to be too difficult to assess reliably. 
The latest TW3 version has been modified based on a  longitudinal European/American 
study in which 1090 radiographs of 450 males and females were studied for maturity 
scores. Skeletal ages of maturity were agreed upon as a result of earliest maximum 
scores, with males at 16.5 (from 18.2 years) years and females at 15 years old (from 16.5 
years) [238].
 
As a result of a lack of consensus in the literature, and to enable capture of as many 
skeletally immature patients as possible, the age limit in this study before progression to 
the adult group was <17 years old.
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Adult to Older
On a nano-structure level relevant to this thesis, extensive work has been undertaken in 
animals, however, this has not translated accurately in clinical practice given the variability 
in mechanical properties and mineral content [239, 240]. In human bone, Zioupos et al 
assessed the effect of ageing on human cadaveric femora. Cortical specimens were 
prepared from the femora of humans ranging from 35 - 92 years of age, and these were 
subjected to rigorous three-point bend testing. The elastic modulus and toughness 
decreased by 2.3% and 3.7% respectively, per decade of femur tested [7]. Wang et al 
studied 30 human cadaveric femora, with ages ranging from 18-91 years old. These were 
divided into three groups, young (18-49), middle-aged (50-69) and older (>70), in an 
arbitrary fashion. Bone segments were created and were untampered. The bending 
properties of these groups were assessed, finding a significant difference in the toughness 
of bone between the older and middle-age groups [241]. 
On a macro-structural level Forman et al studied the effect of age on moment arm required 
to fracture a human cadaveric femoral shaft in the paediatric, adult and advanced age 
populations. Eighty-three femoral shafts were obtained through their national tissue 
donation program and tested under three point bending about the anteroposterior axis via 
a force applied in the medial direction. Forman concluded that femoral midshaft moment 
exhibited a rapid increase in the late teenage and early twenties and peaked and 
plateaued between the ages of 25-50 years old. What followed was a gradual decline after 
age 50. This was though to be primarily attributable due to an initial increase in cortical 
thickening and cross sectional area during growth, followed by increased porosity and 
reduced cross sectional area in later years [242]. Sai et al assessed the trabecular bone 
density of a Japanese population in 2380 volunteers from 26-85 years old. The distal 
radius density was assessed using peripheral quantitative computed tomography. 
Trabecular bone density fell significantly for both sexes commences at age 55 years and 
over [243]. Steiger et al analysed bone mineral density decrements in women aged over 
65 years only. This was done using DXA scanning, and found a strong inverse relationship 
for a decrease in density with every year. This was upto 16% between the age of 65 and 
85 [244]. 
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Further clinical studies analysing post-traumatic mortality rates have also been conducted. 
Campbell-Furtick et al analysed 872,861 adult trauma patients, from their regional trauma 
database, over a 7 year period and showed three age spikes at 37, 60 and 80 years old 
correlating with an increased mortality. He suggested a data-driven elderly age of 60 years 
old [245].  This is also supported by a landmark study in the New England Journal of 
Medicine, by MacKenzie et al, who analysed mortality rates in 18 level 1 trauma centres 
versus 51 non-trauma centres across the United States. Propensity-score weighting was 
used to analyse over 5000 patients, finding a larger effect of treatment in level 1 trauma 
centres in the under 55 year olds compared to over 55 year olds, suggesting a 
physiological change at this age cut-off [246]. Smaller trauma observational studies of this 
nature have looked at mortality risk and defined the elderly population commencing at 55 
years onwards [247, 248]. The age cut-off in these studies was based on the premise that 
a higher age would lead to “under-triaging” of patients who have similar risks of mortality 
but are not treated as seriously.
The National Institute of Clinical Excellence (NICE) in the United Kingdom, recommends 
fracture assessment as part of falls assessment for anyone over the age of 65 years in 
women, or 75 years in men, or anyone under these ages who display risk factors. This 
seems to be primarily based on the estimate of those over 65 years who sustain a fall. 
Almost a third of over 65 year olds sustain a fall at least once each year in the United 
Kingdom, with an estimated 500,000 fragility fractures. 
There is also a financial element with this age-group that balances the health risk with the 
economic burden. Previous studies in the United States (Preventative Services Task 
Force) have shown that only 75 - 143 women would need to be fracture screened in age 
over 75, to prevent one vertebral or hip fragility fracture, compared to between 453 and 
1856 in the 60 - 64 year age group [249]. This has obvious economic costs, with cost per 
quality adjusted life year in over 75 year old women being $5600, compared to $43,000 in 
65 year old women [250]. Despite this knowledge however, there does not seem to be any 
evidence correlating an exact physiological age correlation to a transition point of bone to 
brittle behaviour.
Given these values, and to avoid the risk of “under-triaging” the elderly, an age cut-off of 
55 years old was used.
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2.8 Pathological change
It is important to explore pathological changes in bone, or conditions which weaken bone 
as they correspond with fragility fractures, that is, the susceptibility of fracture as a result of 
forces that would not ordinarily cause this [251]. A condition which affects the quality or 
quantity of bone will therefore have an effect on fracture risk, which is a significant 
epidemiological concern [252]. Understanding the processes behind a condition will enable 
more focussed prevention and treatment of fragility fractures. Furthermore, they are a 
source of economic burden with direct medical costs as a result of fragility in the United 
Kingdom estimated at £1.8bn in 2000, rising to £2.2bn in 2025 [253].
2.8.1 Osteoporosis
Osteoporosis is relevant to the primary aims of this thesis. Osteoporotic bone affects both 
the mineral and collagen components amongst others. However, there is a change in both 
elements in concert as opposed to being mutually exclusive. A change in collagen alone 
would reflect a condition similar to that of osteogenesis imperfect, with a change in mineral 
alone reflecting a condition similar to rickets/osteomalacia. Therefore the importance of 
designing a protocol for each element cannot be underestimated, as it could provide data 
for the cyclic loading of bone for the staged demineralisation and decollagenisation in 
order to replicate the nanostructure and mechanical behaviour of osteoporotic bone.
Over the years, various definitions have been proposed for this condition. The consensus 
definition recognised by the World Health Organisation states that osteoporosis is “a 
disease characterised by low bone mass and micro-architectural deterioration of bone 
tissue, leading to enhanced bone fragility and a consequent increase in fracture risk”. 
Osteoporosis is now objectively defined by bone mass density (BMD) using dual energy x-
ray absorptiometry (DEXA). The World Health Organisation uses the definition of 
osteoporosis as a DXA score of greater than 2.5 standard deviations below the young 
adult mean. This score is sex and race matched but not age-matched and is known as the 
“t-score”. A score of between -1 and -2.5 standard deviations is defined as osteopenia and 
puts the patient at higher risk of developing osteoporosis [254]. 
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There remains debate as to how fracture risk should be measured with not all osteoporotic 
fractures such as vertebral fractures being explained by reduced bone mineral density in 
isolation [255]. Therefore, measurement of “bone quality” has  been proposed as this 
encompasses parameters such as BMD, microarchitecture of trabecular bone, microcrack 
prevalence, bone geometry and bone matrix material properties [256]. 
The clinical significance of osteoporosis is primarily in its relation to fracture risk (most 
commonly of the hip , distal radius  and vertebrae). Over the first three decades of life 
there is an increase in bone mineral density (BMD) and this can peak in different regions 
at different ages i.e. it can peak in the hip at 18 years of age and distal radius at an age 
closer to 30 [257, 258].  
Once peak bone mass is reached this can plateau in women until the menopause when a 
change in female sex hormones leads to a reduction in bone density over the next decade 
[257, 259]. Primary involutional osteoporosis, relating to the ageing process, is the  cause 
in 80% of women and 50% of men, however other causes may contribute and this is likely 
multifactorial including renal, endocrine, metabolic, gastrointestinal or haematological. In 
causes other than primary involutional osteoporosis such as those secondary causes 
named above, the male sex predominates and this is likely due to alcoholism, 
hypogonadism, malignancy and long term steroid treatment [260]. 
When discussing the increasing mechanical fracture risk associated with osteoporosis, it is 
important to refer to factors such as the degree of mineralisation, bone mineral density, 
effects on collagen network and altered remodelling, all of which alter bone strength. This 
has been explored extensively above (sections 2.5 and 2.6). However, other risk factors 
leading to an increased fracture risk include the significant falls risk. This risk is well 
recognised and many studies in the past have focussed on falls prevention in order to 
prevent osteoporotic fragility fractures [261]. The factors leading to falls can be attributed 
to both intrinsic and extrinsic factors, with modifiable risk factors including alcohol intake, 
smoking, caffeine intake and activity levels. 
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Loss of bone mineral density alone therefore, does not explain the increased fracture risk. 
Therein lies the main limitation of DEXA scanning. It is considered the gold standard and 
works by emitting two radiation energies, which is therefore able to differentiate degree of 
mineralised bone more clearly from the surrounding soft tissues. The reason DEXA 
scanning is considered gold standard lies in its ability to diagnose osteoporosis as per the 
WHO criteria [262, 263], assess fracture risk and response to treatment. There are 
currently no other economically viable imaging modalities that carry out these functions as 
efficiently. Furthermore, there is evidence to suggest that DEXA scanning is an effective 
predictor of a major fragility fracture, hip fractures [264-266].
Whilst bone mineral is an essential component in the stiffening process, DEXA scanning 
does not take into account significant factors that also correlate with mechanical 
behaviour, such as the increase in cross-sectional area, loss of structural water content, 
cross-link disruption and its effect on toughening mechanisms, the effect of advanced 
glycation products with ageing, or changes in collagen orientation. 
Perhaps the most comprehensive solution, which takes into account the 3-dimensional 
nature, of bone, cross-section and elements, include quantitative computed tomography 
scanning which is used to input into a finite element analysis model [267]. There are 
however significant cost and precision indications particularly with unstandardised data 
input errors and the difficulty in adjusting for the soft tissue envelope. Furthermore, the 
main body of research revolves around vertebral fractures, and is not applicable to other 
fragility fractures such as the hip [268]. Given the advantages of this method in analysing 
the various elements and cross-section, this would perhaps offer the most accurate 
assessment of bone quality for this thesis, however, this would require significant research 
facilities and costs, which were not within the resources available in the study unit.
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2.8.2 Osteogenesis imperfecta
The decollagenisation process of bone alone is perhaps most reflective of a condition 
effecting collagen quality or quantity alone. One such condition leading to fragility fractures 
is osteogenesis imperfecta.
Osteogenesis imperfecta (OI) is a rare condition affecting bone and connective tissue with 
many known subtypes. It is a genetic disorder characterised by bone fragility and low bone 
mass density with varying severity and manifestations, both skeletal and extra-skeletal 
[269]. It is a predominantly autosomal dominant disorder affecting approximately 1 in 
10,000 and it results from genetic mutations in the most abundant protein in bone, 
collagen type 1 [270]. More specifically, the genetic mutations affect two genes of the 
alpha chains of collagen type 1, resulting in two types; COL1A1 and COL1A2 [271].
With regards to pathogenesis, the most typical mutation is a point mutation in COL1A1/2 
which affects the glycine residue. This leads to a mix of both normal and abnormal 
collagen mutations, the degree of which is variable [272].  When the glycine residue is 
affected this has a deleterious effect on the triple helical structure rendering it less 
competent.  The abnormalities in the organic compound also seems to have a compound 
effect on the inorganic mineral content. Bone becomes hyper-mineralised with smaller 
crystals that are abnormally aligned [273, 274]. In addition bone thickness is much 
reduced compared to age-matched controls as a result of sluggish periosteal bone 
formation. Trabeculae are thinner, and despite osteoblast formation being amplified within 
these trabeculae, this does not have a net gain effect in bone volume  as seen in Figure 19 
[275].  
These effects on collagen and mineral impact bone biomechanics. Mouse models, 
described as osteogenesis imperfecta murine (OIM) have been studied by Misof et al. In 
his study, he showed that OIM have similar abnormally aligned collagen/crystal structure 
as seen in humans. Collagen of homozygous OIM in the form of tendon were studied and 
their mechanical testing showed values of ultimate tensile stress and strain that were 
almost half of that in control models. Misof concluded that brittleness of this bone was in 
part due to this dramatic reduction in collagen tensile properties [276]. 
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Further mechanical testing of OIM by Camacho et al showed that stiffness in homozygous 
OIM femur was significantly reduced in torque compared to heterozygous OIM or control 
mice. Furthermore, the mean ash weight of mineral content was reduced in homozygous 
OIM reflecting the reduction in bone volume [274].  
2.8.3 Hypomineralisation
Perhaps the best clinical examples of hypomineralisation affecting biomechanics of bone 
clinically is in rickets and osteomalacia. The underlying mechanism for both is a failure to 
mineralise osteoid, with rickets being  the subadult and osteomalacia being the adult 
expression of this condition [277]. The extent to which reduced poor bone mineralisation 
diminishes bone strength in the early phase of infantile rickets remains unclear and is at 
best described in case reports [278]. This differs to the knowledge that reduced bone 
mineralisation leads to an increased fracture risk. Thacher et al conducted a radiographic 
analysis of 264 Nigerian children with nutritional rickets and found that there is a 
correlation with reduced bone mineral density but increased bone mineral area. This 
seemed to be more pronounced in diaphyseal as opposed to metaphysical regions [279]. 
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Figure 19. Showing reduced bone thickness in control and OI bone. Modified 
from Rauch et al
Chapman et al also conducted a retrospective radiographic analysis of children under 2 
years old who sustained fractures, and found that in those with radiographic evidence of 
rickets and were mobile, a significantly higher proportion had fractures. The study went 
further to suggest that the classic signs of multiple fractures associated with rickets were 
not supported by their study, and were more in keeping with non-accidental injury [278]. 
There is a paucity of evidence on the biomechanics of bone with poor mineralisation such 
as that seen in rickets/osteomalacia. It is thought that this bone has a lower yield point, 
however, manifests greater post-yield properties through greater ductility and ultimate 
displacement. As a result of the lower yield point, these bones exhibit reduced extrinsic 
stiffness and undergo fracture more easily. The understanding of fracture risk in these 
conditions seems to be understood when comparing immature paediatric to mature adult 
bone, with the working knowledge that paediatric bone has adequate collagen content but 
a relative deficiency in mineralisation. Subit et al tested bone coupons  of various age 
groups under tensile load. He found that paediatric bone had lower Young’s modulus than 
the adult or elderly bone [280]. This seems to concur with studies carried out on fresh 
paediatric long bone of autopsy subjects, and found that ultimate tensile stress was less 
than that obtained for dry embalmed adult bone. A combination of these biomechanical 
factors seems to result in the fragility fracture picture described for rickets and 
osteomalacia.
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2.9 Previous protocol work
2.9.1 Demineralisation
Several studies in the past have looked at the effect of demineralisation and the 
biomechanical effects of this. Bowman was perhaps the first to describe how the 
demineralisation process on bone effects mechanical properties. Bovine humeral 
diaphysis were demineralised using disodium Ethylene diamine tetra-acetic acid (EDTA) 
over a period of two weeks with spectrophotometry used to scale this process. Following 
mechanical testing, the stress-strain curves produced showed similar tensile values to that 
of tendon and cartilage [281]. Shah was able to study this demineralisation process further 
in feline femurs using a similar decalcification process by the use of EDTA. Shah varied 
the demineralisation process, with up to 100% demineralisation compared to control bone 
and these specimens were then loaded to failure. The study concluded that calcium was 
integral to strength of osteopenic bone as bending strength exponentially decreased with 
increased decalcification [282]. 
More recent literature that has looked at the effect of demineralisation on ovine bone was 
by Wallace et al. Forty ovine femurs were demineralised at an enhanced rate by 
immersing these femurs in EDTA within an ultrasonic bath to enhance demineralisation 
rate. This process was staged to obtain bone with mineral levels seen in osteomalacia and 
osteoporosis, with mechanical testing taking place via three-point bending for both low and 
high strain rates. There was a significant difference in stress seen at high strain rate in the 
demineralised bone, highlighting the importance of mineral at traumatic loads. However, it 
was noted that at low strain rate, a toughness reduction of 25% could be seen in the 
control and demineralised bone, with a negligible difference seen at high strain rate 
(Figure 20 a) and b)). Wallace deduced that this indicated removal of mineral alone cannot 
account for this reduction in toughness, and that another factor was at play, potentially 
collagen removal or deficiency [64]. 
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2.9.2 Decollagenisation
There is a relative paucity of evidence looking at selective collagen extraction form bone 
and its effect on bone mechanics in cortical bone with intact mineral. Wang et al has 
previously shown the effect of collagen disruption on bone toughness as discussed above. 
Hey et al in his biochemical studies showed that collagen ”swells” when immersed in 
highly alkaline solutions at room temperature or above [283]. This is advantageous as this 
“swelling” allows for easier extraction of collagen without disruption of the mineral 
compound. Amadasi et al assessed the effect exerted by acidic (sulfuric acid) and basic 
(sodium hydroxide) solution on porcine bone. Energy dispersive x-ray analysis, scanning 
electron microsopy and powder diffraction ash content was measured. He noted that only 
the acidic solution made a difference to the mineral content and was able to dissolve this 
completely [284]. The collagen can also be extracted as one unit by raising the 
temperature in this alkaline solution as opposed to leading to the formation of gelatin. This 
is based on work by Privalov et al looking at thermostability of collagen in relation to 
osteogenesis imperfecta, concluding that collagen is most stable at a temperature below 
body temperature and the unfolding of the triple helical structure occurs exponentially with 
temperatures over 37 degrees [285]. 
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Figure 20. Showing a) effect of loading rate on stress and b) effect of loading rate on 
toughness. Taken from Wallace et al
Yang et al used the above method and extracted collagen molecules form pigskin through 
chemical hydrolysis in a neutral solution such as saline [286]. Bi et al also studied the 
effect of an alkaline solution such as Sodium Hydroxide (NaOH) on the mineral content of 
bovine femur as part of looking at  the effect of NaOH on prion transmission in bone graft. 
He used energy dispersive X-ray spectroscopy to identify if any difference was seen in 
NaOH treated and control bovine bone, noting no statistical difference between the two 
groups in mineral content. This was also confirmed on scanning electron microscopy 
before and after immersion in NaoH, showing structural damage, but no loss of mineral. 
Additionally, ultimate load and ultimate stress mechanics on NaOH treated bovine bone 
was noted to be much lower than that of controls using compression testing at low strain 
[287].
The effect of an alkaline solution on bone cells has been previously studied but the 
histology remains unclearly understood. Bone mineral itself is known to be an alkaline 
material which has an ability to buffer hydrogen ions for acid base balancing [288, 289]. An 
acidic environment is thought to invoke bone resorption via an osteoclastic response 
(require and perpetuate an acidic environment), with an alkaline solution creating an 
osteoblastic response, as a result of alkaline phosphatase (marker for osteoblastic 
function) [290, 291]. 
It is on this understanding of known physiology, as well as studies mentioned above, that 
the mineral is thought to remain undisturbed in experimental models utilising an alkaline 
solution. However to the author’s knowledge, there are no known studies which have 
explained the process behind this relative preservation of the mineral content in animal 
models. 
The use of higher temperatures to aid the decollagenisation process does not affect the 
mineral content, primarily due to the fact that the mineral melting point is well above 1000 
degrees celsius [292].
Given this knowledge, in this thesis, a protocol was devised for the staged extraction of 
collagen from cortical bone without undue effect on the mineral content as will be explored 
in more details in the methods section. This forms a novel aspect of this thesis. 
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2.9.3 Animal models
The selection of animal models for orthopaedic research is multifactorial. Considerations to 
take into account include; a) genetic uniformity of animals; b) cost effectiveness; c) 
availability of said animal; d) ease of adaptability to experiments; e) ethical implications 
and f) ecological implications [293].
Ovine bone is a convenient, readily available and cost-effective model for orthopaedic 
research. Ovine bone is an accepted form of large animal that is readily used in 
orthopaedic research due to its size, weight, bone structure and bone remodelling 
processes. This in turn allows ovine bone to be a suitable model for biomechanical 
analysis  as was recognised by Bergmann et al who identified sheep hip joint reaction 
forces and vectors as being similar to those in humans [294, 295]. Newman recognised 
the need to identify an animal model that was suitable for analysis of post-menopausal 
osteoporosis. In it he compared various animal models and identified advantages and 
disadvantages with each, however, he recognised that sheep are seen as most ideal due 
to them being docile, easy to house, inexpensive, readily available and spontaneously 
ovulate with hormone profiles similar to women [296]. Disadvantages have been noted in 
using sheep bone for osteoporosis studies, which mainly revolve around the lack of natural 
menopause in sheep as well as seasonal changes in bone metabolism [297].
The bovine animal model is another large animal model that has been used  in 
orthopaedic research and was also considered to be potentially suitable for use in this 
study. Whilst bovine is suitable in terms of joint biomechanics, compared to dog, pig and 
sheep bone which have similar ash content to humans, bovine ash content differs 
significantly. Furthermore, the cortical to trabecular ash content within bovine bone also 
differs significantly [298].
Murine bone remains less expensive than others. They also have the advantage of being 
able to be purpose bred more readily in order to reduce biological variation. Their 
disadvantage lies in their size, meaning their bones and joints are proportionally small 
[299].
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 Finally, rodents mature at a slower rate than other animals, resulting in the  growth plates 
remaining open for a prolonged period, which reduces the availability of suitable bone for 
the types of study in this thesis. [300]. For this study, due to the significantly varying gait 
pattern and biomechanical loading of joints, they have more limited potential for 
translational research in this subtopic of orthopaedic engineering [299, 301].
Given the above information, in this study, the balance of pros and cons favoured healthy, 
mature ovine femur for ex-vivo experimentation.
2.10 Epidemiology of femoral shaft fractures
Femoral shaft fractures are common and potentially devastating injuries at all age groups. 
The epidemiology of fractures have been studied since the 1800’s. Bruns et al in 1882 
noted the effects of age and gender on incidence and fracture types [302]. In an 
epidemiological study from Edinburgh by Court-Brown et al, utilising prospective data from 
the unit trauma database, all presenters with fractures over the age of 12 were analysed. 
With a known population of over 500,000, an estimated incidence of femoral shaft 
fractures of 10.3 per 100,000 person years was seen [223]. In the same year (2000), 
Salminen et al analysed the incidence and treatment methods of femoral shaft fractures in 
a Finnish population. The incidence was found to be very similar at 9.9 fractures per 
100,000 per year [303]. More recently in 2009, and in the largest known study to date, 
Weiss et al in a further Scandanavian study, looked at the incidence stability of femoral 
shaft fractures over a 6 year period (1998 - 2004). Over this period, 6409 fractures were 
identified, with an annual incidence of 10 per 100,000 per year. This was found to have 
remained stable over this time period [304]. This stable incidence, particularly in 
Scandanavia, is also supported by the fact an incidence of 9.65 per 100,0000 annually 
was noted by Bengner et al in the 1950’s [305]. 
However, some discrepancy in the literature does exist. Donaldson et al, in an English 
population (Leicester) in 1990, quoted an overall femoral shaft incidence of 3.1 per 
100,000. They were cautious to draw conclusions from their study due to perceived 
underlying variations in demographic compared to other studies, the inaccuracy with the 
prevalence of osteoporosis in their study population, and their overall lack of certainty with 
regards to their accuracy [306].
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There tends to be a bimodal distribution of these fractures in both age and gender, 
occurring in young males as a result of high energy trauma, and elderly females as a result 
of fall from a standing height [305, 307]. Weiss et al in the largest known study of femoral 
shaft fractures noted a bimodal distribution in the under 10 year olds and over 90 year olds 
[304]. Singer et al, in another Edinburgh epidemiological study, prospectively studied 
population incidence of all fractures involving over 15,000 patients between 1992 and 
1993. Femoral shaft fractures were found to be more common than metaphyseal, but a 
bimodal distribution was only noted in males [308]. In young males, the main mechanism 
seems to be as a result of road traffic accidents accounting for almost 80% in a study 
conducted in an urban US city [309]. Pedestrian versus vehicle, fall from a significant 
height and gunshot injuries were found to be other  causes of such an injury, however it is 
difficult to extrapolate these findings to a UK population given the differing demographic. 
Salminen et al found that a high energy mechanism accounted for almost 75% as a cause 
of injury [303].
 
The paediatric population seem to have a much higher fracture incidence than adults. 
Nafei et al analysed children under the age of 15 years old over a 9 year period in 
Denmark. Children under the age of 3 years old were found to have the highest incidence 
in the studied population. Overall incidence was found to be 28 fractures per 100,000 per 
year. The main modes of injury seemed to be as a result of road traffic accidents (43.1%) 
and falls (42.2%) [310]. The paediatric population seems to follow a similar bimodal spread 
to the overall population, with a double-peak in toddler years and early adolescence 
respectively [311, 312]. Femoral fractures in toddlers seem to be specifically as a result of 
low energy mechanisms such as non-accidental injury [313], with higher energy 
mechanisms being attributed as a cause of femoral fracture in adolescents [314]. 
Furthermore, in a Swedish study over an 18 year period examining the Swedish Discharge 




An understanding of long bone failure mechanisms and resultant fracture patterns is 
helpful in developing better systems and environments in order to minimise both incidence 
and severity. The key to preventing comminution lies in their worse reported functional 
outcomes, possibly as a result of the larger traumatic load that transfers through the soft 
tissues, which compromises the vascular envelope involved in bony healing [153]. An 
example of this includes the distal tibia, which has a reduced surface area compared to the 
proximal tibia,  and its worse outcomes likely as a result of energy transfer through the 
articular surface [316]. However, despite the widely cited intuitive relationship between 
energy and comminution, there is a distinct lack of literature supporting this. A monotonic 
relationship would be expected between energy absorption and the number of fracture 
lines created given the varying areas of stress on a focal point in bone. Beardsley et al 
conducted an animal study on bovine femoral cortical bone segments. These were subject 
to loads ranging from 0.423 to 0.702J/g and the impacted surface areas which were freed 
were measured using computed tomography and translated into digital image analysis. 
The de novo surface area created was greatest in those that absorbed the highest energy. 
Kress et al tested 136 geriatric cadaveric femora under bending and axial loads. He 
concluded that high comminution was only observed under high strain rates (7.5m/s and 
above) [317]. Cheong et al looked at strain rate dependancy on fracture in ovine tibiae. 
Following four-point bending tests, he concluded that comminuted fractures only seemed 
to occur at higher strain rates [318]. The degree of comminution in relation to high strain 
rate has also been studied using micro-CT by Hibbeler et al. Three fracture patterns 
(oblique, tension wedge and transverse) were observed under low strain. However at 
higher strain rates, comminuted fractures were seen, as bone fails at multiple locations 
due to stress concentrations that exceed the material endurance limit of bone  [319]. 
Further imaging studies assessing the correlation between energy, joint articular 
comminution and degree of post-traumatic arthritis have also been conducted, but these 
fall out-with the remit of that to be studied in this thesis [320].
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To date however, and to the best of the author’s knowledge, there have not been any 
studies directly addressing the correlation between mechanism of energy, degree of 
comminution and how this relates to age as a surrogate of bone quality. This forms a novel 
aspect of this thesis, and could potentially provide data on the transitional age at which 
bone behaviour is more likely to “switch” to a simpler pattern regardless of energy.
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3. TESTING APPARATUS & METHODS
The following chapter will outline the means and modalities by which ovine bone was 
sourced, harvested, prepared and tested. Methods for the clinical study will also be 
stipulated
3.1 Bone harvest
Freshly euthanised mature ovine bone was obtained from the Bush Research Facility and 
AP Jess abattoir. Two-year old ovine bone was used. It has been previously demonstrated 
that one month of life in sheep is equivalent to one year of life in humans [240]. The choice 
of ovine bone which was two years old is on the basis that it is older than 18 months, 
which is the known age for skeletal maturity in this animal [321, 322]. Skeletally mature 
bone was required as this would provide a control group. Studies have also shown 
haversian remodelling of ovine bone occurs at 7 years of age onwards [296], therefore 
acquiring bone between 18 months and 7 years is optimal. As explored above, the joint 
reaction forces occurring across the hip joints of ovine femora are similar to that of the 
human. This is also coupled with the resources available for the study, whereby the ovine 
bone obtained from the abattoir was that which was of two years old. These reasons 
provided a sound basis on which to acquire the ovine bone chosen.
For the purposes of this study only the femora from the hindlimb were removed. These 
were then transported in labelled clinical waste heavy duty plastic sacks, to the University 
of Edinburgh Orthopaedic Engineering research laboratory.  
All specimens introduced into the research laboratory were subject to the strict animal 
handling code to avoid contamination. Twelve femora were further de-bulked and 
skeletalised using size 10 blades, again taking care to avoid damage to the bone. The 
femora were stripped to the level of the periosteum. The periosteum was then hand 
stripped off the bone to leave only exposed femoral shaft, taking care to avoid injury to the 
bone in order to leave the cortex intact and minimise risk of inadvertent indentation or 
notching of the bone surface.
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The periosteum was removed to avoid this layer conveying any mechanical strength, 
especially as the periosteal thickness of mature ovine femur was noted to be variable, 
which could skew the mechanical results. 
The femora were kept in pH neutral 1M phosphate buffer solution (PBS) solution in order 
for them to remain in a moist condition. When ready for storage, the whole femur was 
placed into airtight labelled bags at -20 degrees celsius in a freezer before processing.
3.2 Bone preparation 
It is not practical to prepare, test and analyse freshly harvested bone. These therefore 
required freezing and storage until ready for testing. Previous studies have demonstrated 
that freezing specimens is a means of protecting their mechanical properties [64, 323, 
324]. For processing, the bones were thawed in PBS overnight for a period of 12 hours at 
room temperature.. The specimens were then blot dried using paper towel and left at room 
temperature for a further 6 hours. 
The whole femur was placed into a vice and the bone was cut proximally and distally with 
a Bosch multi-cutter saw, leaving the diaphysis for processing only. The bone marrow was 
gently scalloped out using a small blunt curette. The use of a blunt curette was preferred to 
minimise risk of surface notching of the endosteal surface of the femur. The hollow 
cylindrical femoral shaft was then longitudinally cut in half, and each half was then sawn 
into six matchstick samples as show below in Figure 21. 
This protocol for the preparation of cutting of samples has been previously used by 
Zioupos et al and Wang et al  [7, 241].
A black dot was used to mark the proximal aspect of the end-steal surface of each sample. 
This allowed for standardisation of measurements for each sample, which was then input 
into a formatted database. 
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Each sample was measured using a digital calliper at 5 different points. The 
measurements were in millimetres to within 2 decimal places.  This was to improve 
accuracy for mathematically calculating mechanical values, which are geometrically 
dependant. It was also to take into account the slight variations in size arising from the 
freehand cutting of bone segments.
The dimensions were recorded with respect to loading direction, with depth being collinear 
to direction of loading and width orthogonal to this. The width of each specimen was 
measure at the proximal, middle and distal portions. Mean and standard deviation for 
specimen length was 39.7mm (standard deviation 4.7mm), height 4.9mm (standard 
deviation 0.9mm) and depth 4.5mm (standard deviation 0.9mm). Bone specimens which 
differed significantly in measurements, and fell out-with the standard deviations above 
were discarded for greater homogeneity.
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Figure 21. Example of sample taken for processing and digital micrometer used.
Bone segments were used as opposed to whole bone for several reasons: 1) bone 
segments enabled testing of multiple specimens, 2) the standardised specimen size was 
beneficial for laboratory handling and processing; 3) the multiple fragments from the whole 
bone was an excellent preliminary stage prior to scaling up to whole bone and 4)  the 
standardised specimens were easier to store and to test mechanically using 4-point 
bending. This remained in line with the methods in the literature [7, 61, 241].
All bone segments were then grouped into 5 per trial set for further testing. Each set was 
placed into appropriately labelled sterile air-tight bags and frozen for later processing in 
solution. 
Prior to processing, the bones were taken out of the freezer and thawed overnight for a 
period of 12 hours at room temperature immersed in luke warm water. The specimens 
were then blot dried using paper towel and left at room temperature for a further 6 hours.
3.3 Demineralisation process
In this study, the decision was made to use the solution EDTA based on evidence explored 
in section 2.9.1. This was at a concentration of 10% and pH of 6.38. This solution is water 
soluble and its mechanism of action is by binding to Calcium and Ferrous ions. As the 
mineral component of bone is rich in calcium, the result is removal of this component and 
thereby demineralisation of the bone. EDTA demineralises any surface of bone it comes 
into contact. This was initially conceived by Verdenius et al, and this method of bone 
demineralisation has since been expanded on and validated through replication of results 
in the literature [64, 282, 325]. More recently, Savi et al assessed various methods of 
decalcification models using rat mandibles. The same concentration of EDTA was used as 
in this study, and this was compared to nitric and formic acid at various concentrations and 
temperatures. It was concluded that using 10% EDTA at room temperature remained the 
recommended method of demineralisation as this led to the greatest morphological and 
structural preservation in bone tissue [326].
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The bone segments were removed from the freezer and thawed. EDTA was accurately 
drawn up using an automated pipette gun. A Kerry Cuyson KC3 Ultrasonic bath was used, 
which was large enough to allow all trial bone segments to be placed inside it 
simultaneously. Thorpe et al has previously demonstrated in a study that the ultrasonic 
bath accelerates the demineralisation process without changing bone morphology [327]. 
Furthermore, Wallace et al has previously demonstrated on ovine tibia, that EDTA and 
ultrasonification of 14 hours can achieve demineralisation levels seen in 6 days of 
demineralisation in EDTA immersion alone [64]. 
Bone segments were processed similarly. Each bone segment was placed into a labelled 
sterile test tube, with each test tube containing exactly 10ml of EDTA, enough to immerse 
the segment fully and circumferentially. The test tubes were placed into a 50ml glass 
beaker after the beaker had been filled with PBS to the brim. The ultrasonic bath was then 
filled with PBS to a level indicator mark and the beaker was then inserted. This allowed the 
effects of the ultrasonic bath to be exerted onto the specimens whilst keeping the 
specimens stable in the bath. Control segments were placed into a test-tube containing 
PBS and underwent the same ultrasonification process. The experiments were performed 
at room temperature. To prevent build up of temperature, the ultrasonic baths remained 
uncovered. To correct for the natural evaporation process of PBS, the fluid level was 
constantly checked to make sure this did not drop below the indicator level of the bath. 
Overnight mean drop in fluid level in the ultrasonic bath was around 12mm, so the 
ultrasonic bath was carefully topped up regularly to avoid a significant drop that could 
influence the ultrasonic process.
Whole bone and bone segments were treated for control (0 hours PBS), 6, 12, 24 and 48 
hours. There were 5  bone segment trials for each time interval. In total therefore, including 
the controls, there were 25 bone segment trials for EDTA processing. Each test tube was 
labelled by type of solution, time interval and trial number. An example of this process is 
shown in Figure 22.
The novel part of the above method related to the staged demineralisation at the time 
points chosen. The time periods chosen doubled the time period at each stage, to help 
best capture a correlation to mechanical values.This has not been described 
previously.This applies to both the demineralisation and decollagenisation processes.
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3.4 Decollagenisation process
Bone segments were used and prepared in the same way as that for demineralisation. 
Whole bone samples were not used. 
Sodium hydroxide of 10 Molar and 5 Molar concentrations were used in this study. Time 
intervals remained constant, with samples being immersed in PBS as controls.  All 
preparation and handling of NaOH solution was done under a defumigator at every stage 
and as standard, eye protection and breathing masks were always used as the fumes of 
NaOH can be potentially harmful. 
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Figure 22. Showing a) Top left - extracting solution using pipette; 
b) Top right - segment labelling and c) Bottom - immersion in 
ultrasonic bath. 
To prepare 10M NaOH solution the following method was used:
1. NaOH pellets were weighed and 399.9g were used.
2. Pellets placed into a dry sterile glass bottle and then bottle placed into an ice bath.
3. Distilled water 600ml poured into bottle.
4. The reaction then starts and wait until pellets dissolve. 
5. As reaction is highly exothermic, top up of ice may be required in ice bath. 
6. More water may be added to bottle but not exceeding a total of 1 litre.
7. Once reaction is over, top up of distilled water to 1 litre total. 
This method was adjusted accordingly to prepare 5 molar solution. The reaction is 
temperature dependant and may either take a few hours or longer depending on the room 
temperature. 
The bone was processed at time intervals of control (0 hours PBS), 6, 12, 24 and 48 hours 
for both 10M and 5M NaOH solution. Five trials were done for each time interval therefore 
50 samples were processed. The test-tubes containing the samples (each with 10ml 
NaOH) were placed into an incubator at 44 degrees celsius to denature the collagen and it 
had an added effect of being a rotatory agitator to make sure all bone segments were 
constantly being immersed in the solution. An example of the process can be seen in 
Figure 23. 
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Control specimens were immersed in PBS independently and subject to the same 
conditions to the tested segments. For example, 5 control segments would be tested in 
their respective tubes (immersed in PBS) with the test segments immersed in NaOH. 
These would be placed into the agitator at 44 degrees celsius alongside the 
decollagenised samples. This is visible in the figure below where the blue topped tubes in 
Figure 23, are control samples in PBS subject to the same environmental conditions.
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Figure 23. Showing a) Top left - extracting solution using pipette under defumigator; b) 
Top right - Incubator/agitator c) Bottom - labelled samples in incubator. 
3.5 Assessment of demineralisation
The whole bone and bone segments were then imaged using x-ray to assess the degree 
of demineralisation. Bone was transferred to the animal imaging section of our laboratory 
in accordance with University of Edinburgh policy. This involved placing the samples into 
sealed and labelled bags and spraying the bags with virkon for infection control purposes. 
The researcher wore personal protective equipment including coverage of hair and 
footwear. Gloves were used at all times and forceps to handle the bone specimens and to 
place them on the x-ray plate. The x-ray parameters of 63mV and 1.8mA were kept 
constant. The plates were analysed in the Royal Infirmary of Edinburgh radiology 
department and images stored on an encrypted USB.
The level of ultrasonic demineralisation was assessed using pixel value of each bone 
segment on the radiograph. The pixel value describes how “bright” a pixel is on an image. 
Radiographs were assessed using ImageJ as an 8-bit integer, giving a greyscale image 
pixel value for each pixel. These range from 0 (black) to 255 (white). A pixel value was 
assessed at the proximal, middle and distal poles of each bone segment and a mean 
derived. The single mean for each bone segment was recorded and a mean value for each 
trial set was calculated. The means were then compared for solutions PBS, EDTA, 5M 
NaOH and 10M NaOH at each time point. Analysis was carried out using Two-Way ANOVA 
testing with Sidak’s multiple comparison test for assessment of significance. A p-value of 
<0.05 was deemed significant. This provided an absolute degree of demineralisation and 
rate of de-mineralisation in all solutions. The null hypothesis was that immersion in EDTA 
and NaOH had no significant effect on pixel value and therefore mineral level at any time 
point.
Control specimens were statistically analysed using a one-way ANOVA test. This was done 
to ensure that biomechanical values were unaffected despite submersion in PBS for 48 
hours. It was important to ascertain this prior to proceeding with statistical analysis of 
demineralised and decollagenised samples. P-values >0.05 denoted no statistical 
significance. 
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Two experimental variable factors were tested, namely bone ‘quality’ (control v 
demineralisation v decollagenisation) and time. Two-way ANOVA analysis was performed 
on combined data sets to investigate two experimental factors on mechanical outcomes. 
These outcomes comprised maximum force, maximum deflection, elastic modulus, 
ultimate stress, ultimate strain, yield stress, yield strain, post-yield behaviour and finally 
toughness. P-values <0.05 denoted statistical significance. 
3.6 Mechanical testing 
The timing of bone preparation, processing, imaging and mechanical testing was such that 
the bone was only kept frozen at one stage - after preparation in anticipation of 
processing. Processing in solution, imaging and mechanical testing was accurately timed 
to avoid having to re-freeze and store samples or allow samples to be left exposed for 
prolonged periods of time. This was to mitigate against destruction of certain samples 
which were more fragile following processing in solution for prolonged periods. All samples 
had to undergo the same method to reduce risk of method bias. 
 
All of the specimens were tested to failure using a 4-point bend testing machine with the 
load carefully applied at the midpoint of specimens. This was all done at a low strain rate. 
It was recognised that four-point bending created an environment of pure bending with 
tensile and compressive forces, as opposed to three-point bending which also applied 
shear forces. Furthermore, four-point bending is tested on rectangular  long and relatively 
thin (ideally with a ratio in excess of 20:1) beams most accurately, which is a further 
reason why rectangular beam segments were used for this study as opposed to whole 
bone. 




In Figure 24: a) demonstrates the applied load on a rectangular beam (bone segment). 
Care needs to be taken to place the beam symmetrically each time; b) the top loaders 
apply the load (F), this produces a compressive load on concave side and tensile load on 
convex side; c) shows the length of the beam and its proportion over the 4 point bender 
and the relative force applied by each roller. Finally d) shows more clearly the moment arm 
(M) and the shear force applied (X). The positive shear force is only applied between 
points A-B and a negative shear force C-D, therefore shear forces are cancelled out and in 
portion B-C an equal moment arm is maintained throughout this section.  
Slow loading rate experiments were undertaken using the Zwick/Roell z005 (Zwick GmbH 
& Co, Ulm, Germany) testing machine. Data capture was provided by TestXpert V9.01 
(Zwick GmbH & Co, Ulm, Germany). This is the proprietary software for the Zwick 







Figure 24. Free body diagram of four point bender
The initial mechanical tests were piloted on matchsticks in order to calibrate the loading 
rate. This created 4-point bending at a loading velocity of 1mm/s. The average strain rate 
in the bone specimens created was 6.25 x 10-3 s-1.  This strain rate was grossly equivalent 
to that found for compressive strain rates, when walking on a level surface, by Burr et al 
[328].
During testing the bone was located on two bottom loaders measuring 2.5mm in thickness 
which were 10mm apart. The top loader had two equally sized rollers to apply the load and 
compressive force however their distance was 5mm apart as can be seen in Figure 25. 
The bottom loaders against which the load was applied were a distance of 20mm apart. 
Therefore the total length of segment tested was 20mm. There was no resistance to 
rotation applied as this was not considered necessary due to the low loading rate. The 
load was carefully applied symmetrically through the middle of the bone segment in all 
cases. 
Deflection (or displacement) was measured directly from the crosshead travel distance on 
the four-point testing machine. As the beam (bone specimen) had variable stiffness 
following processing compared to the loader, the deflection output was taken to be that 
from the beam alone. This was captured and exported from mechanical into electronic 
data via the TestXpert system. 
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3.7 Biomechanical analysis
A dynamic force sensor was used to capture force applied to the bone at discrete time 
intervals by the data acquisition system described above. This data was formed for each 
bone specimen mechanically processed and was translated into graph form of “Force v 
Deflection/Displacement” over time. 
The force data was in the form of a smooth waveform due to the intrinsic stiffness found in 
bone specimens at the low strain rate used as opposed to whole bones. The values of 
force, displacement and time, allowed for the derivation of values such as “Stress” and 
“Strain”. Furthermore, the area under the subsequent “Stress v Strain” graph allowed for 
the derivation of bone toughness under strain. An example graph of “Force v 




Figure 25. Showing a) Top left - top and bottom loaders; b) Top right - Mechanical tester 
c) Bottom left - positioned bone specimen and d) Bottom right - Compression and 
tension loading with crack on tension side of EDTA sample
3.7.1 Moment
For this section it was necessary to utilise certain engineering definitions. 
Moment of inertia: Also known as second moment of area. The capacity of a cross section 
to resist bending. Denoted by “I”. 
Bending moment: A reaction induced in a structural beam when an external bending force 
(moment) is applied. Denoted with an “M”. 
In order to calculate the stress and strain from force and deflection over time it was vital to 
know the moment of inertia. This is effectively the contribution of the bone segment (beam) 
towards stiffness or Young’s modulus. It pertains to how the stress will be distributed 
across the segment. 
To calculate the moment of inertia of a rectangular beam, known engineering equations 
were used, for a base of rectangular area with a breadth and width. 
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Figure 26. Showing an example force versus displacement curve
This equation is:      Moment of inertia (Ix) = bh3/12
To make further sense of this, the below Figure 27 explains the cross sectional area of a 
rectangular beam. 
Figure 27 shows the cross sectional area looking directly at the beam from either end. In 
the same figure, h = height , b = base, and an X and Y axis are drawn. Moment of inertia 
will be about the X axis in four point bending. 
In order to progress to calculating bending stress, it was also essential to know the 
maximum bending moment. To calculate moment of inertia, further engineering principles 
were deduced with the use of a free body diagram shown in Figure 28.
Figure 28 shows a) The positive and negative shear forces (V(x)) at either end of the 
beam. The midsection therefore has zero shear forces. In b)  A plateau is observed in the 
midsection and a constant moment magnitude. The maximum bending moment (Mmax) 
which is the reaction force from the beam secondary to an externally applied bending 
force, is dependant on the initial spacing in the midsection of the beam between the two 
applied loads. 
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Figure 27. Cross sectional area of rectangle. 
The formula for maximum bending moment therefore is: Mmax = FL/12
F = Force applied
L = Length of specimens
These formulas for the maximum bending moment (Mmax) and the moment of Inertia (Ix) 
were input into an excel spreadsheet and values for each specimen tested were 
calculated. 
3.7.2 Bending Stress
The maximum load (P) during bending was used to derive the “ultimate stress” in the 
beam. The “P” value was taken from the TestXpert programme used to control the 
mechanical testing machine. The ultimate stress is defined as the maximum stress a beam 
can take in bending before failure. Ultimate stress will be made clear in this study and will 
be differentiated from other values such as “yield stress” to avoid confusion. 
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midsection
Figure 28. Free body diagram of shear and bending moment.
b)
a)
For all tests at the low strain rate, the top supports were set at a distance of 20mm. As the 
loading occurred at the midpoint of the beam, the maximum bending moment will occur at 
the point of loading, the equation of which has been described above. 
In the ideal conditions, the ultimate stress due to bending can be found using the 
engineering equation below:
Ultimate Stress:      𝝈𝑩=𝑴max∗𝒚/𝑰𝑵𝑨 
Where:                     𝝈𝑩 =  ultimate stress due to bending
Mmax =  Bending moment
𝒚 =  distance from the neutral axis to outermost point 
                  in the cross-section
𝑰𝑵𝑨 =  Second moment of area
Based on the elastic theory of bending, the maximum bending stress in the elastic range in 
a rectangular cross-section will be greatest when furthest from the neutral axis. It is 
important to note that the tensile and compressive loads will be re-distributed in the plastic 
phase. As the load on a beam gradually increases, the outermost fibres of the beam will 
progress to the plastic phase first after their yield point is reached. It is at this point that the 
beam will “recruit” the stiffer fibres, which are closer to the neutral axis, to take over the 
increased load until their yield point is reached. This continues until enough fibres have 
reached their yield point, the beam undergoes a considerable increase in strain and a 
deflection of the beam occurs. 
3.7.3 Strain
As the force and deflection were calculated directly from mechanical testing using 
software, strain due to bending can be calculated from this indirectly in ideal conditions. 
Strain will be denoted by the symbol “∈” and the equation for this is the following:
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Strain due to bending: ∈=𝟏𝟐∗𝒅∗𝒚/𝑳𝟐 
Where:                     𝒅 =  deflection
𝒚 =  distance from the neutral axis to outermost point 
                  in the cross-section
 L =  Length of span
The bending stress versus strain graphs were then plotted for each mechanically tested 
bone segment. The strain is expressed as a percentage given that in effect it is a ratio 
formula. 
3.7.4 Stiffness
In order to conduct the analysis of the effect of solutions on bone specimens, a single 
value was derived to describe the resistance of bone, as a single structure, in response to 
bending deformation. This was important given that bone is anisotropic, or behaves 
differently when loaded under a different direction-
To describe an accurate value for bending behaviour up to the elastic limit, The Young’s 
Modulus (𝑬) equation was used as follows:
Young’s modulus: 𝑬 = 𝑷∗𝑳 /𝟒𝟖∗𝒅∗𝑰𝑵𝑨 
The value for “𝒅” is taken from the maximum deflection in the linear region of the elastic 
phase on the loading graphs. 
3.7.5 Yield
The yield point, or elastic limit, is the point at which the elastic phase ends and plastic 
deformation occurs under bending load. In bending behaviour, the stress at which a 
material exhibits change from elastic to plastic behaviour is not easily detected. For this 
reason, an “offset yield point” is defined. 
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This is otherwise known as “proof stress” and is applied to a structure that does not have a 
defined yield point due to the nature of it’s structure [329]. 
A standard strain value is taken at 0.2%, and the yield stress is defined by drawing a line 
of equal gradient to the elastic gradient, and measuring where this intersects the stress v 
strain curve on the x axis (Figure 29). This yield point is otherwise known as the 
“Proportional limit” and follows the principles of Hooke’s law. 
This is defined as strain being proportional to stress up to a limit, above which it becomes 
disproportionate.
As can be seen in Figure 30, a line of equal gradient to that of the bending stress in the 
elastic phase is used with 0.2% strain as a starting point on the x axis. 
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Figure 29 - Defining the yield stress using 0.2% strain. 
Taken from www.engineeringarchives.com
The point at which this offset line intersects the stress v strain curve is the yield point. It is 
important to note that the gradient was taken from a point above the “toe in region” (initial 
erratic gradient) of the stress v strain graph, as stress due to bending is not of an equal 
gradient from “0” on both x and y axis. The gradient after the “toe in region” would then be 
interpolated back to the x axis from the stress strain curve to find a representative origin 
for loading, thus negating the “toe in“ effect. 
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Figure 30 - Showing A) Interpolation of the origin by negating the “toe in” region and 
B) Revised graph with the “toe in” region excluded. 
Taken from Wallace et al
B)
A)
This is important when deriving toughness or strain at yield and failure. The plastic strain 
could be derived by subtracting yield strain from ultimate strain at failure. 
This process is demonstrated in figure 30 above, and was done for each individual graph 
derived from each bone specimen, which including control values, is 100 specimens in 
total.
3.7.6 Bending toughness
Toughness can be defined as the energy required to deform one cubic unit of area. It is 
therefore express in the units Joules per cubed unit eg J/mm3 . For a given material to be 
considered “tough”, it must be able to withstand both high stress and high strain i.e. both 
strong and ductile. Therefore, a brittle material such as osteoporotic bone, is not 
considered tough due to it being able to withstand a degree of stress, but inability to exhibit 
ductile behaviour.  
 
Toughness in this case will be derived from the area under the stress-strain curve. This 
represents the toughness of bone in bending. It will therefore include a combination of 
parameters such as specimen acumen, geometry, material stiffness, boundary conditions 
and loading type. 
To measure this area, it was important to distinguish between the area under the curve in 
the elastic range, and the area in the plastic range. The area under the stress strain curve 
up to the elastic limit is otherwise known as the “modulus of resilience”, given that if the 
load was removed the bending effects would reset. An example of how this was derived is 
shown in figure 31. 
Toughness = Area in elastic phase + Area in plastic phase. 
The software “Graphpad Prism” was used to import graph data of each specimen and the 
area derived. An average toughness was used for each trial and the means compared for 
later  significance analysis as described above.
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3.8 Clinical data
Over a 2 year period, between February 2015 - February 2017, a cross-sectional analysis 
of all femoral diaphyseal fractures that presented to a Trauma and Orthopaedic unit was 
conducted. All orthopaedic trauma patients in the area attend the unit for diagnosis, 
management and follow up. Follow up occurs in outpatient fracture clinics which are 
supervised by an orthopaedic consultant surgeon. Paediatric fractures attend the tertiary 
paediatric referral centre and these are managed and followed up utilising standardised 
protocols. This allowed capture of a spectrum of ages ranging from the neonate onwards.
In compliance with ethical standards, this component of the thesis was considered an audit 
of practice against “Australian Femoral Shaft Fracture Guidelines” (for paediatric fractures) 
and “National Institute of Clinical Excellent” limb and joint fracture guidelines (for adult 
fractures) [330, 331]. Additionally, according to the Health Research Authority, this 
component was not considered research. This was in accordance with their research tool 
outcome as 1) No randomisation occurred; 2) No change of service was required and 3) 
the study was not considered generalisable to all fractures or populations. 
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Area in plastic phaseModulus of resilience 
(Area in elastic phase)
Figure 31 - Showing exemplar graph of how area was derived. 
The trauma unit picture archiving communication system (PACS Carestream) was used to 
search for all radiographs taken of the pelvis, femora and knee in order to capture as many 
injuries as possible. The criteria “XR FEMUR” was  also used an additional cross-
reference search on the PACS system over a study range of “2 years”. This search 
process identified all femoral diaphyseal fractures over the time period specified, which 
presented to the unit. The search generated a total of 2298 patient x-ray “packs". When 
applying more than one plane of view ie antero-posterior and lateral views, this generated 
a total of 4130 x-rays required for initial analysis.
A simple fracture was defined as a fracture with one fracture line and two fragments. A 
comminuted fracture was one in which more than two fragments were present, and/or 
greater than one fracture line. 
Care was taken to obtain an accurate mechanism of injury through electronic documented 
notes on the hospital system. Mechanisms were grouped into high and low energy injury. 
Mechanism energy was categorised into a binary “low” or “high” based on Landin’s trauma 
level system, for paediatric patients [332]. High energy in adults was deemed any 
mechanism that resulted after a mechanism other than simple fall based on World Health 
Organisation criteria [251]. Fracture pattern was coded as binary, with either “simple” or 
“comminuted”. 
For the strict purpose of analysing inter-observer variability in radiographic measurement 
of fracture pattern, medical student recruitment was required. This was due to the sheer 
volume of radiographs which required analysis. Furthermore, validity of categorisation into 
either fracture pattern required more than one observer, and this was considered essential 
in reducing data collection/input bias. The medical student role was limited to only this 
process and not involved in any other aspect of this thesis. Training was provided by the 
author of this thesis on observation of fracture type and fracture pattern. There was 
consensus agreement on all fractures included in the study.
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3.8.1 Exclusion criteria and grouping
The diaphyseal segment was defined as an AO-42 classified injury, or the anatomical area 
between the lesser trochanter and the supracondylar distal femur. Any patient sustaining 
an injury out-with the diaphyseal segment of the femur was excluded. Any fracture 
extending into the articular surface, or involving the hip or knee was excluded. Patients 
who had a previous prosthesis or sustained a peri-prosthetic fracture were also excluded. 
All pathological fractures were also excluded from the final cohort.
A total of 206 femoral shaft fractures were identified with 43 excluded as per the exclusion 
criteria above. Twenty-eight (n=28) patients had a peri-prosthetic injury and fifteen (n=15) 
patients sustained pathological fractures. Of the excluded patients other than the older age 
group, one (n=1) patient had a peri-prosthetic fracture in the adult group and three (n=3) 
patients had a pathological fracture in the paediatric group. This left a total of 163 patient 
eligible for final analysis. 
Three age groups were identified and fractures subdivided into these groups. These were 
as follows:
1. Paediatric group: Any patient equal to or under 16 years of age, 
2. Young Adult group: Any patient ranging from 17-54 years old 
3. Older Adult group: Any patient who was 55 year and older.
The concept of transitional change of bone behaviour has been reviewed in the section 
2.7.5. However, it is important to note that these “cut-off” values were a best estimate of 
when transitional change occurs based on the available literature. There is no consensus 
in the literature on this matter, and this is largely non-evidence based. The results of any 
data provided in this thesis for age and transitional change of bone behaviour based on 
clinical fracture pattern should be considered a novel aspect of this thesis.
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3.8.2 Statistical Analysis
All data was stored on secure national health service computers to protect patient 
confidentiality. Statistical analysis was undertaken with IBM “SPSS” Statistics version 23 
(IBM Corp. Released 2015. IBM SPSS Statistics for Windows, Version 22.0. Armonk, NY: 
IBM Corp). Descriptive statistics were used for categorical data and Shapiro-Wilkes testing 
for normality for any continuous data. Parametric data was expressed as mean and 
standard deviation, with non-parametric data as median and interquartile range (IQR). 
Collinearity testing via data tolerance and variance inflation factors (VIF) for independent 
variables was carried out. No correlation was found between variables.
The primary outcome variable was fracture pattern, namely simple or comminuted. The 
independant variables included sex, age, significant co-morbidities, whether on bone 
strengthening/modifying medications, risk factors for osteoporosis, mechanism of energy, 
low/high energy, fracture type and open/closed soft tissue injury.
Binary logistic regression was undertaken for the primary outcome variable of fracture 
pattern. Two-tailed binomial testing was carried out when comparing a group versus an 
outcome variable. A chi-squared test was used when comparing two categorical variables 
within an age group. This would provide an idea of expected results.
An age histogram was used to show distribution in energy and fracture pattern categories. 
An independent samples t-test was used to compare mean ages when patients were split 
according to mechanism energy or fracture pattern.
A receiver operating characteristic curve was used with age as a risk model to identify the 
age at which bone appears to transition from paediatric to adult behaviour, and from adult 
to older age group behaviour. Using age as a continuous risk model has previously been 
described by Grunkemeier et al [333].
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Inter-observer reliability of fracture pattern (simple/comminuted) measurement was 
assessed using Cohen’s Kappa coefficient. Interpretation of agreement was undertaken 
using the Landis and Koch reference values [334]. Kappa value of < 0 indicates no 
agreement, 0 - 0.20 as slight agreement, 0.21 - 0.40 as fair agreement, 0.41 - 0.60 as 
moderate agreement, 0.61 - 0.80 as substantial agreement and 0.81 - 1 as almost perfect 
agreement.
We assumed a priori that p values of less than 0.05 were significant.
The incidence of a population was derived through the following equation: 
The total population should take into account the number of deaths for that year. The total 
live population of the area studied, for the period studied, according to the Office of 
National Statistics was 545,390.
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4. RESULTS MECHANICAL TESTING
The results for mechanical testing in all groups were collated for analysis and for 
standardisation and presented in the following order:
1. Force - quality compared. The units is newtons.
2. Deflection - quality compared. The unit is millimetres. 
3. Ultimate stress - quality compared. The unit is N/mm2.
4. Ultimate strain - quality compared. The unit is percent change (%).
5. Yield stress - quality compared. The unit is N/mm2.
6. Yield strain - quality compared. The unit is percent change (%).
7. Elastic modulus - quality compared. The unit is gigapascal (GPa).
8. Post-yield - behaviour quality compared.
9. Ductility - quality compared. The unit is percent change (%).
10. Toughness - quality compared. The units for toughness is J/mm3 
11. Pixel intensity
The results were also considered in subsections; pre-yield, yield and post-yield. 
Force deflection graphs for all samples will be shown in Appendix A.
Values for mechanical testing for all samples will be shown in Appendix B.
Mechanical testing box and whisker plots will be shown an Appendix C. 
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4.1 Mechanical testing controls
None of the control results showed any significant difference between samples regardless 
of time immersed in PBS. Furthermore, ultimate stress, yield stress and elastic modulus 
values in controls were similar to that found in human femora as shown in a study by 
Agrawal et al [195]. This vindicated the use of PBS as a solution for control samples, and 
ovine bone specimens as a surrogate for human femora. Based on these findings, an 
appropriate control data set was used for comparison with de-mineralised and 
decollagenised specimens. 
The force and deflection values, presented are crude values and not geometrically 
adjusted to reflect dimensions of each bone specimen. For this reason, a greater variation 
in values between trials was seen. This small variation was not significant compared to the 
control values. 
4.2 Demineralisation (EDTA) results 
This subsection will focus on de-mineralised specimen results. Results are presented by 
showing a mean, mean difference value, p-value and whether this was significant. Mean 
values express the mean of all five values achieved in each trial or time point. Mean 
difference value is the difference in mean value between the EDTA sample and the control 
specimen. The results presented here are “Control mean value minus NaOH mean 
value”.
Graph representation of these values are in appendix A.
93
4.2.1 Force
Table 4.2.1 shows at 48 hours, immersion in EDTA had a significant effect on force applied 
across bone segment, with a gradual decrease in force across all time points compared to 
control samples. 
4.2.2 Deflection
Table 4.2.2 shows at 48 hours, immersion in EDTA had a significant effect on deflection 
across bone segment, with a gradual increase in deflection across all time points 
compared to control samples. 
Table 4.2.1 - Force values of EDTA immersion over time
0 hours 6 hours 12 hours 24 hours 48 hours













P-Value >1 0.884 0.976 0.412 0.038
Significant No No No No Yes
Table 4.2.2 - Deflection values of EDTA immersion over time
0 hours 6 hours 12 hours 24 hours 48 hours













P-Value 0.999 0.822 0.998 0.199 0.046
Significant No No No No Yes
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4.2.3 Ultimate Stress
Table 4.2.3 shows at 48 hours, immersion in EDTA had a significant effect on ultimate 
stress across bone segment, with a gradual decrease in ultimate stress across all time 
points compared to control samples. 
4.2.4 Ultimate Strain
Table 4.2.4 shows at 48 hours, immersion in EDTA had a weak significant effect on 
ultimate strain across bone segment, with a minimal increase in ultimate strain across all 
time points compared to control samples.
Table 4.2.3 - Ultimate Stress values of EDTA immersion over time
0 hours 6 hours 12 hours 24 hours 48 hours













P-Value 0.963 0.803 0.555 0.136 0.014
Significant No No No No Yes
Table 4.2.4 - Ultimate Strain values of EDTA immersion over time
0 hours 6 hours 12 hours 24 hours 48 hours













P-Value 0.983 0.145 0.392 0.213 0.049
Significant No No No No Yes
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4.2.5 Yield Stress
Table 4.2.5 shows at 48 hours, immersion in EDTA had a strong significant effect on yield 
stress across bone segment, with a progressive decrease in yield stress across all time 
points compared to control samples.
4.2.6 Yield Strain
Table 4.2.6 shows at 48 hours, immersion in EDTA had a strong significant effect on yield 
strain across bone segment, with a progressive increase in yield strain across all time 
points compared to control samples.
Table 4.2.5 - Yield Stress values of EDTA immersion over time
0 hours 6 hours 12 hours 24 hours 48 hours













P-Value 0.923 0.616 0.408 0.088 0.008
Significant No No No No Yes
Table 4.2.6 - Yield Strain values of EDTA immersion over time
0 hours 6 hours 12 hours 24 hours 48 hours













P-Value 0.999 0.395 0.833 0.373 0.014
Significant No No No No Yes
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4.2.7 Elastic Modulus
Table 4.2.7 shows at 48 hours, immersion in EDTA had a strong significant effect on elastic 
modulus of bone segment. with a progressive decrease in elastic modulus across all time 
points compared to control samples.
4.2.8 Post-yield stress
Table 4.2.8 shows at 48 hours, immersion in EDTA had no significant effect on post-yield 
stress across bone segment, with a steady state in post-yield stress across all time points 
compared to control samples.
Table 4.2.7 - Elastic modulus values of EDTA immersion over time
0 hours 6 hours 12 hours 24 hours 48 hours













P-Value 0.999 0.797 0.109 0.081 0.006
Significant No No No No Yes
Table 4.2.8 - Post-yield stress values of EDTA immersion over time
0 hours 6 hours 12 hours 24 hours 48 hours













P-Value 0.846 0.524 0.484 0.602 0.508
Significant No No No No No
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4.2.9 Post-yield strain
Table 4.2.9 shows at 48 hours, immersion in EDTA had no significant effect on post-yield 
strain across bone segment.
4.2.10 Ductility
Table 4.2.10 shows at 24 and 48 hours, immersion in EDTA had a strong significant effect 
on ductility of bone segment, with a significant increase in ductility at 24 hours onwards.
Table 4.2.9 - Post-yield strain values of EDTA immersion over time
0 hours 6 hours 12 hours 24 hours 48 hours













P-Value 0.886 0.674 0.654 0.881 0.992
Significant No No No No No
Table 4.2.10 - Ductility values of EDTA immersion over time
0 hours 6 hours 12 hours 24 hours 48 hours













P-Value 0.998 0.537 0.183 0.014 0.001
Significant No No No Yes Yes
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4.2.11 Toughness
Table 4.2.11 shows at 48 hours, immersion in EDTA had a significant effect on toughness 
of bone. This is further demonstrated in graph 5.2.11 which shows a significant increase in 
toughness at 48 hours.
4.3 Decollagenisation (5M NaOH) results
This subsection will focus on de-collagenised specimen results. Results are presented by 
showing a mean, mean difference value, p-value and whether this was significant. Mean 
values express the mean of all five values achieved in each trial or time point. Mean 
difference value is the difference in mean value between the EDTA sample and the control 
specimen. The results presented here are “Control mean value minus NaOH mean 
value”.
Graphical representation of these values is presented as a bar-plot, with whiskers being 
maximum value are in appendix C.
The results for de-collagenisation in 5M NaOH are presented first followed by 10M NaOH 
in section 4.4.
Table 4.2.11 - Toughness values of EDTA immersion over time
0 hours 6 hours 12 hours 24 hours 48 hours













P-Value 0.999 0.994 0.543 0.088 0.041
Significant No No No No Yes
99
4.3.1 Force 
Table 4.3.1 shows at 24 and 48 hours, immersion in 5M NaOH had a significant effect on 
force applied across bone segment, with a gradual decrease in force across all time points 
compared to control samples. 
4.3.2 Deflection 
Table 4.3.2 shows after immersion in 5M NaOH at 48 hours, there was no significant effect 
on deflection across bone segments, with a steady state in deflection across all time points 
compared to control samples. Note at 48 hours, a decrease was seen, however this was 
not deemed significant.
Table 4.3.1 - Force values of 5M NaOH immersion over time
0 hours 6 hours 12 hours 24 hours 48 hours













P-Value 0.994 0.983 0.888 0.0014 0.0012
Significant No No No Yes Yes
Table 4.3.2 - Deflection values of 5M NaOH immersion over time
0 hours 6 hours 12 hours 24 hours 48 hours













P-Value 0.999 0.921 0.999 0.999 0.085
Significant No No No No No
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4.3.3 Ultimate Stress
Table 4.3.3 shows at 24 and 48 hours, immersion in 5M NaOH had a strongly significant 
effect on ultimate stress across bone segment, with a significant decrease, particularly at 
24 hours onwards, in ultimate stress across all time points compared to control samples. 
4.3.4 Ultimate Strain
Table 4.3.4 shows at 48 hours, immersion in 5M NaOH had a strongly significant effect on 
ultimate strain across bone segment, with a significant decrease, particularly at 24 hours 
onwards, in ultimate strain across all time points compared to control samples.
Table 4.3.3 - Ultimate Stress values of 5M NaOH immersion over time
0 hours 6 hours 12 hours 24 hours 48 hours













P-Value 0.999 0.988 0.323 0.0007 0.0002
Significant No No No Yes Yes
Table 4.3.4 - Ultimate Strain values of 5M NaOH immersion over time
0 hours 6 hours 12 hours 24 hours 48 hours













P-Value 0.984 0.991 0.083 0.0004 <0.0001
Significant No No No Yes Yes
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4.3.5 Yield Stress
Table 4.3.5 shows at 24 and 48 hours, immersion in 5M NaOH had a strong significant 
effect on yield stress across bone segment, with a progressive decrease in yield stress 
across all time points compared to control samples.
4.3.6 Yield Strain
Table 4.3.6 shows at 24 and 48 hours, immersion in 5M NaOH had a strong significant 
effect on yield strain across bone segment, with a progressive decrease in yield strain, 
particularly at 24 hours onwards, across all time points compared to control samples.
Table 4.3.5 - Yield stress values of 5M NaOH immersion over time
0 hours 6 hours 12 hours 24 hours 48 hours













P-Value 0.999 0.957 0.281 0.002 0.0005
Significant No No No Yes Yes
Table 4.3.6 - Yield Strain values of 5M NaOH immersion over time
0 hours 6 hours 12 hours 24 hours 48 hours













P-Value 0.987 0.999 0.352 0.004 <0.0001
Significant No No No Yes Yes
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4.3.7 Elastic Modulus
Table 4.3.7 shows at 6 hours, there was a strong significant increase in elastic modulus 
after immersion in 5M NaOH. At 12 hours, elastic modulus had dropped to a significant 
decrease again and this significance was maintained at 24 and 48 hours.
4.3.8 Post-yield stress
Table 4.3.8 shows at 48 hours, immersion in 5M NaOH had a strongly significant effect on 
post-yield stress across bone segment, with a progressive decrease in post-yield stress 
across all time points compared to control samples. Note at 48 hours, the mean value is 
almost 0. 
Table 4.3.7 - Elastic modulus values of 5M NaOH immersion over time
0 hours 6 hours 12 hours 24 hours 48 hours













P-Value 0.9996 0.029 0.024 <0.0001 <0.0001
Significant No Yes Yes Yes Yes
Table 4.3.8 - Post-yield stress values of 5M NaOH immersion over time
0 hours 6 hours 12 hours 24 hours 48 hours













P-Value 0.665 0.652 0.986 0.008 0.001
Significant No No No Yes Yes
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4.3.9 Post-yield strain
Table 4.3.9 shows at 48 hours, immersion in 5M NaOH had a strong significant effect on 
post-yield strain across bone segment, with was a drop in strain at 48 hours, to almost 0.
4.3.10 Ductility
Table 4.3.10 shows at 24 and 48 hours, immersion in 5M NaOH had a strong significant 
effect on ductility of bone segment, with a significant increase in ductility at 24 hours 
onwards.
Table 4.3.9 - Post-yield strain values of 5M NaOH immersion over time
0 hours 6 hours 12 hours 24 hours 48 hours













P-Value 0.999 0.905 0.394 0.116 0.031
Significant No No No No Yes
Table 4.3.10 - Ductility values of 5M NaOH immersion over time
0 hours 6 hours 12 hours 24 hours 48 hours













P-Value 0.932 0.999 0.999 0.005 0.006
Significant No No No Yes Yes
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4.3.11 Toughness
Table 4.3.11 shows at 24 and 48 hours, immersion in 5M NaOH had a strong significant 
effect on toughness of bone, with a significant decrease in toughness at  24 hours 
onwards.
Table 4.3.11 - Toughness values of 5M NaOH immersion over time
0 hours 6 hours 12 hours 24 hours 48 hours













P-Value 0.919 0.999 0.999 0.012 <0.0001
Significant No No No Yes Yes
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4.4 Decollagenisation (10M NaOH) results
4.4.1 Force 
Table 4.4.1 shows at 12, 24 and 48 hours, immersion in 10M NaOH had a strongly 
significant effect on force applied across bone segment, with a significant decrease in 
force across all time points compared to control samples. 
4.4.2 Deflection 
Table 4.4.2 shows after immersion in 10M NaOH at 48 hours, there was a significant effect 
on deflection across bone segments, with a steady decrease in deflection across all time 
points compared to control samples.
Table 4.4.1 - Force values of 10M NaOH immersion over time
0 hours 6 hours 12 hours 24 hours 48 hours













P-Value 0.999 0.576 0.0007 <0.0001 <0.0001
Significant No No Yes Yes Yes
Table 4.4.2 - Deflection values of 10M NaOH immersion over time
0 hours 6 hours 12 hours 24 hours 48 hours













P-Value 0.999 0.791 0.997 0.770 0.039
Significant No No No No Yes
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4.4.3 Ultimate Stress
Table 4.4.3 shows at 12, 24 and 48 hours, immersion in 10M NaOH had a strongly 
significant effect on ultimate stress across bone segment, with a significant decrease, 
particularly at 12 hours onwards, in ultimate stress across all time points compared to 
control samples. 
4.4.4 Ultimate Strain
Table 4.4.4 shows at 12, 24 and 48 hours, immersion in 10M NaOH had a strongly 
significant effect on ultimate strain across bone segment., with a significant decrease, 
particularly at 12 hours onwards in ultimate strain across all time points compared to 
control samples.
Table 4.4.3 - Ultimate Stress values of 10M NaOH immersion over time
0 hours 6 hours 12 hours 24 hours 48 hours













P-Value 0.996 0.882 <0.0001 <0.0001 <0.0001
Significant No No Yes Yes Yes
Table 4.4.4 - Ultimate Strain values of 10M NaOH immersion over time
0 hours 6 hours 12 hours 24 hours 48 hours













P-Value 0.997 0.254 0.0013 <0.0001 <0.0001
Significant No No Yes Yes Yes
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4.4.5 Yield Stress
Table 4.4.5 shows at 12, 24 and 48 hours, immersion in 10M NaOH had a strong 
significant effect on yield stress across bone segment, with a significant decrease in yield 
stress particularly at 12 hours onwards, compared to control samples.
4.4.6 Yield Strain
Table 4.4.6 shows at 12, 24 and 48 hours, immersion in 10M NaOH had a strong 
significant effect on yield strain across bone segment, with a progressive decrease in yield 
strain, particularly at 12 hours onwards, across all time points compared to control 
samples.
Table 4.4.5 - Yield stress values of 10M NaOH immersion over time
0 hours 6 hours 12 hours 24 hours 48 hours













P-Value 0.985 0.861 0.0001 <0.0001 <0.0001
Significant No No Yes Yes Yes
Table 4.4.6 - Yield Strain values of 10M NaOH immersion over time
0 hours 6 hours 12 hours 24 hours 48 hours













P-Value 0.999 0.619 0.008 <0.0001 <0.0001
Significant No No Yes Yes Yes
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4.4.7 Elastic Modulus
Table 4.4.7 shows at 6 hours, there was a strong significant increase in elastic modulus 
after immersion in 10M NaOH. At 12 hours, elastic modulus had dropped to a significant 
decrease again and this significance was maintained at 24 and 48 hours. 
4.4.8 Post-yield stress
Table 4.4.8 shows at 24 and 48 hours, immersion in 10M NaOH had a strongly significant 
effect on post-yield stress across bone segment, with a progressive decrease in post-yield 
stress across all time points compared to control samples. Note at 48 hours, the mean 
value is almost 0. 
Table 4.4.7 - Elastic modulus values of 10M NaOH immersion over time
0 hours 6 hours 12 hours 24 hours 48 hours













P-Value 0.924 0.003 <0.0001 <0.0001 <0.0001
Significant No Yes Yes Yes Yes
Table 4.4.8 - Post-yield stress values of 10M NaOH immersion over time
0 hours 6 hours 12 hours 24 hours 48 hours













P-Value 0.991 0.993 0.095 0.019 0.002
Significant No No No Yes Yes
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4.4.9 Post-yield strain
Table 4.4.9 shows at 24 and 48 hours, immersion in 10M NaOH had a strong significant 
effect on post-yield strain across bone segment. Note there was a drop in strain at 24 and 
48 hours, to almost 0.
4.4.10 Ductility
Table 4.4.10 shows at 24 and 48 hours, immersion in 10M NaOH had a strong significant 
effect on ductility of bone segment, with a significant increase in ductility at 24 hours 
onwards.
Table 4.4.9 - Post-yield strain values of 10M NaOH immersion over time
0 hours 6 hours 12 hours 24 hours 48 hours













P-Value 0.999 0.609 0.304 0.071 0.024
Significant No No No Yes Yes
Table 4.4.10 - Ductility values of 10M NaOH immersion over time
0 hours 6 hours 12 hours 24 hours 48 hours













P-Value 0.986 0.998 0.301 0.041 0.003
Significant No No No Yes Yes
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4.4.11 Toughness
Table 4.4.11 shows at 12, 24 and 48 hours, immersion in 10M NaOH had a strong 
significant effect on toughness of bone, with a significant decrease in toughness at  12 
hours onwards.
Table 4.4.11 - Toughness values of 10M NaOH immersion over time
0 hours 6 hours 12 hours 24 hours 48 hours













P-Value 0.999 0.999 <0.0001 <0.0001 <0.0001
Significant No No Yes Yes Yes
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4.5  Bone density measurement
This section provides results of mean pixel values of the specimens from all of the 
solutions.
The Control group (Con), Demineralisation group (EDTA), decollagenisation group at 5M 
NaOH (5NaOH) and decollagenisation at 10M NaOH (10NaOH) were compared.
Two experimental factors were tested, namely bone quality (control v demineralisation v 
decollagenisation) and time, and with greater than three time group variables, a Two-way 
ANOVA analysis was performed on combined data sets to investigate the two 
experimental factors on mechanical outcomes. For this section, these outcomes 
comprised pixel values for each group over times 0, 6hours, 12hours, 24hours and 48 
hours. P-values <0.05 denotes statistical significance. 
The results for pixel values in all groups were collated for analysis and for standardisation 
of presentation they will be presented in the following order:
1. EDTA specimens
2. 5M NaOH specimens
3. 10M NaOH specimens
 
Control values will be presented in Appendix B and C. None of the control results showed 
any significant difference between samples regardless of time immersed in PBS. Based on 
these findings, an appropriate control data set was used for comparison with de-
mineralised and de-collagenised specimens. 
112
4.5.1 Demineralised (EDTA) specimens
Table 4.5.1 shows at 6, 12, 24 and 48 hours, immersion in EDTA had a strong significant 
effect on pixel value of bone specimens, with a significant decrease in values at 6 hours 
onwards.
4.5.2 Decollagenised (5M NaOH) specimens
Table 4.5.2 shows at all time points, immersion in 5M NaOH had no significant effect on 
pixel value of bone specimens, with a a relatively unchanged pixel value over time.
Table 4.5.1 - Pixel values of EDTA immersion over time
0 hours 6 hours 12 hours 24 hours 48 hours













P-Value 0.999 <0.0001 <0.0001 <0.0001 <0.0001
Significant No Yes Yes Yes Yes
Table 4.5.2 - Pixel values of 5M NaOH immersion over time
0 hours 6 hours 12 hours 24 hours 48 hours













P-Value 0.999 0.765 0.371 0.634 0.765
Significant No No No No No
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4.5.3 Decollagenised (10M NaOH) specimens
Table 4.5.3 shows at all time points, immersion in 10M NaOH had no significant effect on 
pixel value of bone specimens. with a relatively unchanged pixel value over time
4.6 Compression failure
This finding should be considered additional but has been included as it was considered 
significant. During mechanical testing, it was noted that there was an abnormality in the 
failure mechanism compared to control segments. To this effect, slow cut videographic 
evidence of a bending load  being applied to the decollagenised samples at 48 hours were 
taken. These showed that there was sequential failure at the compression surface of bone 
before any tensile failure. This would account for the significant reduction in elastic 
modulus. 
Figure 32 shows the sequence of events leading to compressive failure prior to tensile 
failure under load in decollagenised bone. At the moment of impact of the loader onto 
compression surface, an unzipping process occurs across the bone beam, with the 
appearance a delamination process. The applied load is most visible on the outer surface 
of the bone specimen with the greatest gap, however this resulted from the central load.
Table 4.5.3 - Pixel values of 10M NaOH immersion over time
0 hours 6 hours 12 hours 24 hours 48 hours













P-Value 0.999 0.999 0.999 0.994 0.994






Figure 32. Showing a) Initial position of loader and bone specimen; 
b) Indentation of compression surface under load; 
c) Failure of compression surface; d) Failure of tension surface 
5. RESULTS CLINICAL STUDY
In this section results for the clinical study of this thesis will be presented. In order to 
deduce the probability of results being significant, the observed (post-hoc) statistical power 
was calculated based on the estimated effect size.
Chi-Squared tables for each age group showing energy versus fracture pattern/type and 
gender versus fracture pattern in the all age groups are shown in appendix D. 
5.1 Descriptive statistics
A partial eta value of 0.341 indicates a large effect size, signifying that age group has a 
large effect on the significance of the above result.
The total live population of the area studied, for the period studied, according to the Office 
of National Statistics was 545,390. For the paediatric population, incidence of femoral 
shaft fractures was 3.5 per 100,000 per year. For the adult population, this was higher at 
11.5 per 100,000 per year. Total population incidence was 14.9 per 100,000 person years.
A total of 163 patients were eligible for final analysis. The final numbers of patients 
analysed are shown in table 5.1.1.
Table 5.1.1 - Patient breakdown
Group Initial number Excluded Final number
Paediatric (<16) 41 3 38
Adult (16-54) 38 1 37
Old-age (>55) 127 39 88
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Of the 163 eligible for analysis, mean age was 50.8 (SD 32.8, range 0-101) with a male to 
female ratio of 1:1.2. This is shown in table 5.1.2 with a subgroup breakdown.
Overall male to female distribution was similar. A breakdown per age group is shown in 
table 5.1.3.
There was a bimodal distribution in age for those who sustained a femoral shaft fracture, 
with peaks in the paediatric and elderly age groups. This is shown in Figure 33.
Table 5.1.2 - Mean age and standard deviation
Group Mean age SD
Overall 50.8 32.8
Paediatric (<16) 3.8 4.04
Adult (16-54) 35.3 11.7
Old-age (>55) 77.8 12.1
Table 5.1.3 - Gender distribution per group
Group Male Female Total
Overall 78 (47.9%) 85 (52.1%) 163
Paediatric (<16) 30 (78.9%) 8 (21.1%) 38
Adult (16-54) 27 (72.9%) 10 (27.1%) 37
Old-age (>55) 21 (23.9%) 67 (76.1%) 88
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Furthermore, With regards to gender, this study also showed a bimodal distribution when 
looking at all fractures, with a second peak evident in the elderly female population. This is 
shown in figure 34, with “1” being male and “2” being female.
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Figure 34. Showing unimodal distribution of sex in all fractures.
Figure 33. Showing bimodal distribution of all fractures.
Most fractures were oblique with the least transverse. A final breakdown according to 
group is shown in table 5.1.4. 
The vast majority of fractures were closed with only 3 open fractures occurring in the adult 
group. Furthermore, the vast majority of fractures were simple two part fractures in both 
the paediatric and old age groups. The majority of injuries in the adult group were 
comminuted. A breakdown of these results is shown in table 5.1.5. 
 
A low energy fall, owing to the old age group, was the most common mechanism of injury. 
A high energy mechanism as a result of a road traffic accident was the most common 
cause in the adult population, with a split between low and high energy falls being the most 
common mechanism in the paediatric group. A full breakdown of these numbers is shown 
in table 5.1.6. 
Inter-observer reliability for fracture pattern was 0.77, indicating a substantial agreement.
Table 5.1.4 - Fracture type per group
Group Transverse Oblique Spiral Total
Paediatric (<16) 5 (13.2%) 15 (39.5%) 18 (47.3%) 38
Adult (16-54) 5 (13.5%) 27 (73.0%) 5 (13.5%) 37
Old-age (>55) 11 (12.5%) 46 (52.3%) 31 (32.2%) 88
Total 21 (12.9%) 88 (54.0%) 54 (33.1%) 163
Table 5.1.5 - Fracture pattern per group
Group Simple Comminuted Total
Paediatric (<16) 35 (92.1%) 3 (7.9%) 38
Adult (16-54) 5 (13.5%) 32 (86.5%) 37
Old-age (>55) 62 (70.5%) 26 (29.5%) 88
Total 102 (62.6%) 61 (37.4%) 163
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There were 3 open injuries in the adult group as a result of high energy mechanism. 
5.1.1  Group descriptive analysis
The following section will provide a subgroup analysis of the old age group. This group 
was simulated in the laboratory studies. Furthermore, this population were those on bone 
affecting medication as well as having most comorbidities. 
Most in this age group did not have any documented co-morbidities at the time of injury. 
However of the rest there was a range from one medical condition up to six co-morbidities 
at time of injury. These included cardiorespiratory, thyroid, hypertension, arrhythmias and 
hypercholesterolaemia. This breakdown is shown further in table 5.1.7. 
Fall (High 
energy)
17 (48.6%) 6 (17.1%) 12 (34.3%) 35 (21.5%)
RTA (High 
energy)
1 (4.2%) 23 (9.6%) 0 24 (14.7%)
Sports (Low 
energy)
2 (50%) 0 2 (50%) 4 (2.5%)
Sports (High 
energy)
6 (66.7%) 2 (22.2%) 1 (11.1%) 9 (5.5%)
Total 163
Table 5.1.6 - Energy of mechanism per group
Paediatric Adult Old Age TotalMechanism
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Additionally, it was important to note which patients were on bone affecting medications. 
This was divided into three groups, namely bone supplements, bisphosphonates and 
steroid based. Bone supplements included calcitriol, cholecalciferol, Adcal and theca D3. 
Bisphosphonates included alendronate and zolendronate. Steroid based substances were 








Table 5.1.7 - Number of comorbidities
Comorbidities Number
Table 5.1.8 - Bone affecting medications
Medication Number





5.2 Paediatric age group
This section will present results of statistical analysis. Results will be presented in table 
format with observed totals, expected totals and chi-squared value. The expected total is 
the value that one would expect to observe if there was no association between the two 
categorical variables being assessed. A cramer’s V value for effect size will also be 
presented.
5.2.1 Age group and fracture pattern  
Table 5.2.1 presents two-tailed binomial testing performed to test null hypothesis test 
proportion of 0.5. 
P value for this test was <0.0001. The above result shows simple fracture occurring in the 
paediatric age-group was strongly significant. The null hypothesis has therefore been 
rejected.




Simple 35 92% Yes
Comminuted 3 8% Yes
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5.2.2  Age group and mechanism energy 
Table 5.2.2 presents two-tailed binomial testing performed to test null hypothesis test 
proportion of 0.5. 
P value for this test was 0.143. The above result shows mechanism energy occurring in 
the paediatric age-group was not significant. The null hypothesis has therefore not  been 
rejected.
5.2.3  Fracture pattern  
Cramer’s V value was 0.224. Chi-Squared was 1.900. Binary logistic regression did not 
show a significant association between outcome and predictor variable. In the paediatric 
group, three patients (3/38) had comminuted injuries. Logistic regression did not show any 
association between predictor variables and outcome.




Low 14 37% No
High 24 63% No
Table 5.2.3 - Logistic regression for fracture pattern






Open v closed No
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5.3  Adult age group
This section will present results of the adult age group (17-54 years old).
5.3.1 Age group and fracture pattern  
Table 5.3.1 presents two-tailed binomial testing performed to test null hypothesis test 
proportion of 0.5. 
P value for this test was <0.0001. The above result shows simple fracture occurring in the 
adult age-group was strongly significant. The null hypothesis has therefore been rejected.
5.3.2 Age group and mechanism energy 
Table 5.3.2 presents two-tailed binomial testing performed to test null hypothesis test 
proportion of 0.5. 
P value for this test was <0.0001. The above result shows energy occurring in the adult 
age-group was strongly significant. The null hypothesis has therefore been rejected.




Simple 5 86% Yes
Comminuted 32 14% Yes




Low 6 16% Yes
High 31 84% Yes
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5.3.3 Fracture pattern  
In the adult group, thirty-two patients (32/37) had comminuted injuries. Cramer’s V value 
was 0.684. Chi-Squared was 17.311. Logistic regression showed an association between 
predictor variable and outcome ie a high energy injury being associated with bone 
comminution. A Cramer’s V value of 0.684 indicates a large effect size (table 5.3.3). 
Additionally binary logistic regression showed an association with specific fracture 
mechanism. Subanalysis showed this was for a road traffic accident. 
Table 5.3.3 - Logistic regression for fracture pattern




Specific mechanism Yes (p = 0.036)
Fracture type No
Open v closed No
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5.4  Older age group
This section will present results of the older age group (55 years and over).
5.4.1 Age group and fracture pattern  
Table 5.4.1 presents two-tailed binomial testing performed to test null hypothesis test 
proportion of 0.5. 
P value for this test was <0.0001. The above result shows simple fracture occurring in the 
older age-group was strongly significant. The null hypothesis has therefore been rejected.
5.4.2 Age group and mechanism energy
Table 5.4.2 presents two-tailed binomial testing performed to test null hypothesis test 
proportion of 0.5. 
P value for this test was <0.0001. The above result shows mechanism energy occurring in 
the older age-group was strongly significant. The null hypothesis has therefore been 
rejected.




Simple 62 70% Yes
Comminuted 26 30% Yes




Low 75 85% Yes
High 13 15% Yes
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5.4.3 Fracture pattern  
Cramer’s V value was 0.222. Chi-Squared was 4.327. Logistic regression showed an 
association between predictor variables and outcome, with low energy mechanism being 
associated with a simple fracture. A Cramer’s V value of 0.222 indicates a moderate effect 
size (table 5.4.3).
Further logistic regression showed an association between fracture pattern and age, with 
every one year increase in age leading to a 2% decrease in risk of comminution. 
Additionally, sub analysis showed a low energy fall was significantly associated with a 
simple fracture.
Table 5.4.3 - Logistic regression for fracture pattern
PREDICTOR VARIABLE Significance (p < 0.05)
Age Yes (p = 0.001)
Gender No
Energy Yes
Specific mechanism Yes (p = 0.001)
Fracture type No
Open v closed No
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5.5 Age and fracture pattern
To explore the distribution of age with fracture pattern further, an age histogram was 
created as a visual representation. Figures 35 displays overall age distribution and  age 
distribution of simple versus comminuted fractures respectively.
For those who sustained a simple fracture (shown in the histogram on the left), there was 
a bimodal distribution of age correlating with paediatric and older age groups. There was a 
dip in frequency correlating with the adult age group. With regards to the comminuted 
fractures (shown in the histogram on the right), there seemed to be a central spike in 
frequency correlating with the adult age group. 
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Figure 35. Showing bimodal distribution of fracture pattern for simple fractures 
(Simple = 1, Comminuted = 2).
5.5.1 Assessment of age and mechanism energy
To explore the distribution of age with mechanism energy further, an age histogram was 
created as a visual representation. Figure 36 displays the age distribution of low versus 
high energy fractures (1 = low energy fracture, 2 = high energy).
For those who sustained a low energy fracture, there seems to be a bimodal distribution of 
age correlating with paediatric and older age groups. There is a dip in frequency 
correlating with the adult age group. With regards to the high energy mechanism fractures, 
this seems to be more prevalent in the paediatric age group, particularly in the <2 year 
olds. This distribution peaks between the ages of 40-50 and tails off thereafter.
The above results can be further demonstrated by breakdown of energy and fracture 
pattern based on age as shown in Figure 37. This shows that low energy simple fractures 
occurred in a bimodal distribution in the paediatric and elderly populations. However 
comminuted fractures peaked in the adult age group, particularly under high energy.
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Figure 37. Age histogram according to a) Low energy, simple fractures, b) Low energy, 




5.6  Analysis of transitional age
Given the above findings, the association of age with fracture pattern was explored in 
greater detail. In this section, an assumption will be made that the adult age group, are 
acting as a surrogate for peak bone density.
5.6.1 Adult v older age group comparison
Mean age for simple fracture group was 77.6 (SD 14.5) and mean age for comminuted 
group was 50.9 (SD 22.2). The higher mean age for simple fracture and lower mean age 
for comminuted fracture proved to be significant (p<0.0001). This shows there is an 
association with age and fracture pattern.
 
130
Figure 36. Showing histogram of age versus mechanism energy (Low = 1, High = 2)
The regression model showed age was a significant predictor for fracture pattern 
(p<0.0001). The odds of a comminuted fracture being 0.866 ie less than one. To test the 
variation in fracture pattern explained by this age model, Cox and Snell R-squared is used. 
This value was shown to be 0.328, meaning that 32.8% or one third of variation in fracture 
pattern is explained by age alone.
Finally, a receiver operating characteristic (ROC) curve was applied with age as the risk 
model for the pattern of fracture switched from comminuted to simple. For the purposes of 
the test, a “positive” outcome was deemed to be a simple fracture. The ROC curve is 
shown in Figure 38. 
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Figure 38. ROC curve for age (adult and older groups only)
The ROC curve is situated in the top left hand corner of the graph, which indicates age is 
likely to be a good marker for fracture pattern. The area under the curve (AUC), is 0.839, 
p<0.0001. An AUC value of >0.8 indicates good sensitivity and specificity characteristics 
for age. 
To achieve an excellent sensitivity, a value of over 0.9 was desired. Analysing the 
coordinates for the ROC curve, the most accurate age is 56.5, with a sensitivity of 0.925 
and “1 - specificity”  or false positive rate of 0.397 which identified the best balance out of 
all ages. This justifies the age cut off for the adult to older age groups. This result suggests 
at the age of 56.5 years, bone seems to behave more in an older adult pattern.
To conclude, in the older and adult age groups, if using age as the only marker for 
predicting a comminuted fracture, then the number is 56.5 years of age, after which a 
simple fracture is more likely to occur.
5.6.2 Adult v paediatric age group comparison
Mean age for simple fracture group was 5.81 (SD 9.77) and mean age for comminuted 
group was 31.2 (SD 14.5).  The lower mean age for simple fracture and higher mean age 
for comminuted fracture proved to be significant (p<0.0001). This shows there is a 
relationship with age and fracture pattern. 
To explore this relationship further, a linear logistic regression model was fitted. The 
regression model showed the age was a significant predictor for fracture pattern 
(p<0.0001). The odds of a an individual in both groups sustaining a comminuted fracture 
would be 1.139. To test the variation in fracture pattern explained by this age model, Cox 
and Snell R-squared is used. This value was shown to be 0.444, meaning that 44.4% of 
variation in fracture pattern is explained by paediatric age alone.
Finally, a receiver operating characteristic (ROC) curve was applied with age as the risk 
model for the pattern of fracture switched from simple to comminuted. For the purposes of 
the test, a “positive” outcome was deemed to be a comminuted fracture. The ROC curve is 
shown in Figure 39. 
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The ROC curve is situated in the top left hand corner of the graph, which indicates age is 
likely to be a good marker for fracture pattern. To determine this more accurately the exact 
coordinates of the ROC curve are ascertained. The area under the curve (AUC), is 0.917, 
p<0.0001. An AUC value of >0.9 indicates excellent sensitivity and specificity 
characteristics for age. 
Analysing the coordinates for the ROC curve, the most accurate age is 14.0, with a 
sensitivity of 0.917 and “1 - specificity” or false positive rate of 0.087 which identified the 
best balance out of all ages. This seems to suggest at the age of 14 years old, bone 
begins to behave more in an adult pattern. 
To conclude, in the paediatric and adult age groups, if using age as the only marker for 
predicting a comminuted fracture, then the age at which bone behaviour seems to change 
is 14, after which a comminuted fracture is more likely to occur. 
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Figure 39. ROC curve for age (adult and paediatric groups only)
7.  DISCUSSION
This thesis has explored the biomechanical implications of demineralisation and 
decollagenisation of ovine cortical bone segments, that were mechanically tested at a low 
strain rate. The research shows mechanical effects on pre-yield, yield and post-yield 
properties of these segments following both demineralisation and decollagenisation. In 
demineralised samples, there was a reduction in ultimate stress, however, post-yield strain 
increased, indicating a more ductile material. In decollagenised samples, there was an 
initial increase in elastic modulus under bending, followed by a marked decrease. There 
was also a reduction in yield and post-yield properties, indicating a material that is less 
tough. There was compression sided failure noted in the extreme decollagenised samples.
For the clinical aspect of this thesis, an incidence of 11.5 per 100,000 per year was seen in 
adult femoral shaft fractures. The paediatric population were more likely to sustain a 
simple fracture regardless of energy. The adult population representing peak bone age 
were more likely to sustain high energy comminuted fractures, with the older population 
more likely to sustain a simple fracture regardless of energy. The transitional age noted for 
clinical fracture behaviour was 14 years old and 56.5 years old.
7.1 Staged demineralisation
7.1.1 Bone strength
Ultimate stress is a surrogate marker for bone strength. The demineralised segments 
showed a progressive reduction in pre-yield and yield values. At 48 hours, There was a 
53% reduction in strength (ultimate stress) and 44.4% elastic modulus, which implies a 
greater resistance to bending behaviour. This implies that the intrinsic properties were 
affected following demineralisation. This process of loss of strength and elastic modulus 
also occurred in stages at the time points outlined in this study, and therefore this staging 
process if possible. 
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This has implications on the wider scope of orthopaedic clinical practice. Burstein et al, in 
1974, analysed cadaveric femoral cortical bone of various ages (21 - 86 years old). These 
were segmented and underwent controlled bend testing. It was found that 70 year old 
human femoral cortical bone correlated with a 10% reduction in strength and 10-20% 
reduction in elastic modulus compartment to peak bone age [90]. Yamada et al conducted 
a similar study, showing a 20% reduction in elastic modulus compared to in a 70 year old 
femur compared to a peak 35 year old femur [216, 335]. These values correlate with 6 
hours immersion in EDTA in this research. The staged artificial recreation of the 
mechanical values of 70 year old human bone in the laboratory has immense implications. 
It is a novel finding that can be built on and fine tuned to achieve the required manipulation 
of bone, which can then be used in fracture modelling. To date, fracture models have been 
mainly confined for use in vertebral fractures [336], with a significant paucity of evidence in 
long bone studies. As was evidences in chapter 2, there is copious evidence to suggest 
that the ageing process significantly impacts on cortical as well as cancellous bone, and 
therefore long bone fractures are also susceptible to failure due to the accumulation of 
micro-cracks [337].
Shah et al looked at staging this process but in whole bone in feline femora. Progressively 
higher concentrations of EDTA were used in order to achieve the desired outcome. It was 
found that at 20% decalcification, this led to 35% loss in bending strength and 60% 
decalcification caused 75% loss of strength [282]. This is in comparison to results of this 
study, whereby with a crude decalcification of 29%, a 54% reduction in ultimate stress was 
found. The difference in these two results can be primarily explained by the nature of bone 
tested, ie ovine versus feline. Additionally the use of progressively higher concentrations of 
EDTA are known to exert their effect primarily on the parosteal surface of bone, as 
opposed to any effect on the endosteal surface, potentially skewing the results. 
Furthermore, Shah et al used whole bone, therefore testing extrinsic bone strength as 
opposed to this clinical study which looked at intrinsic properties, which provides a more 
accurate understanding of the nano-structure.
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Additionally, Burstein et al looked at the idea of bone being a two-phase model ie mineral 
and matrix. Bone was tested following progressive surface decalcification with hydrochloric 
acid of increasing contraptions in order to stage the process. This resulted in a reduction in 
ultimate stress. However, the use of hydrochloric acid also affects the collagen content of 
bone and therefore it is difficult to correlate these findings with reduction in mineral content 
alone [164]. 
Vose et al, in 1959, tested ultimate bending strength using a hydraulic testing device in 25 
embalmed human femurs, with ash content measured via x-ray transmission from each 
femur under load. An exponential relationship was concluded, showing ultimate stress 
increased with increased ash content of femur. Vose also found that an increase in ash 
content from 63% to 70% led to a three-fold increase in breaking stress [338]. This was 
hypothesised to be as a result of appatite “needles” surrounding the collagen fibres, 
thereby providing a stiffening mechanism preventing collagen from taking much of the 
load. This relationship can be applied to findings in this study, where a decalcification of 
10% over the first 6 hours, led to a 17% change (decrease) in ultimate stress, thereby 
agreeing with this exponential relationship. This association was significant at the 48 hour 
stage. 
Todoh et al studied the effect of gradual demineralisation on the mechanical properties of 
bovine cortical segments. This was conducted through immersion of these segments in 
10% EDTA, over specific time periods of 12, 24, 48, 72 hours and 14 days. These were 
dried in a vacuum oven in order to achieve the dry weight. Radiographic measurement of 
x-ray diffraction was used to assess degree of demineralisation, and were mechanically 
tested under tension using an Insteon 4411 machine which introduces significant shear. 
There was a significant reduction (88%)  in ultimate stress at 14 days, correlating with a 
reduced mineral content [339]. This study did not reach such significant demineralisation 
levels, primarily due the significant differences in methods. The specimens varied in both 
cross-section (bovine vs ovine), and preparation (no oven drying in this study). A smaller 
beam with a smaller cross-section, such as that in this study, is inherently stiffer than a 
longer beam with a larger cross-section. This is due to the concept of second moment of 
area as described earlier. Furthermore, the oven drying of a specimen removes the 
structural water mechanical properties. Finally, the method for bending used by Todoh et al 
introduces a significant shear effect. These concepts lead to the reduced primary ultimate 
stress and elastic modulus values seen in the control samples compared to this study.
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7.1.2 Elastic Modulus
Deriving elastic modulus via bending tests is more difficult to assess in comparison to 
linear tensile or compressive tests. This is partly due to the fact it is intrinsic properties that 
are being tested as opposed to structural extrinsic properties. That being said, many 
fractures evident in clinical practice are seen following a bending load, therefore tests 
performed in this format have a very significant clinical relevance. 
This study found mean values of elastic modulus for control specimens of ovine bone to be 
11GPa. The values of this study correlate with the values of whole bone human femora 
and bovine tibia provided by Currey et al of 16.7GPa and 19.7GPa respectively [340], and 
those provided by Reilly et al in bovine bone of 10.1GPa [51]. The variation in values could 
be as a result of the methods by which elastic modulus was derived, with specimens in this 
study being loaded in bending, as opposed to tensile or compression testing as seen in 
other studies. Load in bending leads to reduced value as loading in a femur is designed to 
be in the longitudinal plane. Furthermore, the strain rate at which samples are loaded in 
bending has a significant effect on elastic modulus, with higher strain rates leading to a 
higher elastic modulus [64, 94]. 
It was noted in demineralised bone specimens, that with a reduction in pixel intensity of 
29%, there was a decrease in elastic modulus of 44% (11Gpa to 6.6GPa). Currey et al has 
previously shown an association between mineral content in bone and elastic modulus. In 
a study looking at compact bone of mammal, bird and reptile, Currey was able to show a 
linear relationship between mineral content and elastic modulus [341]. It is reasonable to 
apply these findings to this study, however, care should be taken not to apply Currey’s 
conclusions too robustly, given the variation in bone used and the variation in mineral 
content of each species’ bone. Schaffler et al also reported similar conclusions when 
looking at compact bone in cattle. It was shown that elastic modulus is proportional to the 
apparent density of bone to a power of 7.4 [342].
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Studies conducted on the demineralisation of bone and its effect on elastic modulus and 
yield are abundant in the literature. However there is a paucity of studies which stage this 
process. Todoh et al is perhaps the closest to this thesis, however significant 
discrepancies between this research and Todoh’s work exist. Segment size differed in the 
two studies. A smaller beam with a smaller cross-section, such as that in this study, is 
inherently stiffer than a longer beam with a larger cross-section due to its smaller second 
moment of area. Additionally, Todoh oven dried segments, as opposed to thawing at room 
temperature in this study. Therefore there will be a discrepancy in the structural water 
content. Finally, the method for three-point bending used by Todoh introduced a significant 
shear effect.
Previous research has identified the role of the mineral phase and its relationship to elastic 
modulus accurately, however, no standardised protocol of  demineralisation has been 
created. Studies have also focussed on the extrinsic properties [64], involving different 
animal models, or have looked at demineralisation through cadaveric bone of varying ages 
[90, 91]. In essence, studies have often looked at bone at the extremes of the spectrum 
with extrapolation of data in between [241]. Whilst this work can be extrapolated to fracture 
modelling, it does not provide a reproducible method to delineate properties of specific 
bone segments to accurately base a model around. 
7.1.3 Yield and post-yield
The difference between the yield and ultimate stress of bone are generally relatively small, 
to the point where it is difficult to distinguish easily on a graph. This applied for both 
demineralised and decollagenised specimens. The demineralised samples showed a 61% 
decrease in yield stress at 48 hours.
The values for demineralisation correlate with the findings by Currey et al, who was able to 
show that strain increased as mineral volume fraction decreased, and that yield stress 
decreased as apparent density decreased [343]. It is important to note that due to the 
difficulties in distinguishing a yield point, this was taken as the point at which the stress-
strain curve had deviated by a strain of 0.002 from the straight line describing the initial 
part of the curve.
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What is perhaps more interesting is the effect of demineralisation on post-yield values. 
Currey et al also looked at the effect of demineralisation on post-yield values. Firstly, post-
yield stress and strain were shown to follow the same trend in bone, ie if post-yield stress 
increased, so did the post-yield strain. Secondly, as bone mineral density increased, post-
yield values showed a marked reduction, with the opposite trend being shown in 
decreased density given that this was a negative correlation [343]. It is important to 
interpret Currey’s results with some caution, given that in his studies bone from multiple 
with a spectrum of bone densities were analysed. Conversely however, Les et al studied 
the post-yield values in the third metacarpal bone of ten horses. Post-yield stress and 
strain values were shown to be affected by ash content, with lower values shown with 
increased ash content [344]. 
The  laboratory biomechanics studies reported in this thesis are in line with Currey’s 
findings, showing a similar pattern, with an increase in post-yield values with increased 
demineralisation however this was not shown to be significant. 
7.2 Staged decollagenisation
7.2.1 Bone strength
The vast majority of the literature which looks at decollagenisation involves ionising/
thermal denaturation of the organic phase [7, 147, 177, 345], collagen content in aged 
bone [5, 194, 241], or animal models with collagen disruption [178, 179]. These studies 
have been explored in chapter 2. The issue with these studies is that they have a defined 
start and end point, with no continuum of measurements. This makes extrapolation of 
results significantly inaccurate. It also cannot lend itself to the development of an accurate 
protocol in orthopaedic fracture modelling or preventative/treatment strategies.
The main way of analysing collagen disruption or deficiency is by looking at the ratio of 
mineral to collagen, which influences its biomechanical properties. Decollagenisation 
effectively increases the mineral to collagen ratio. Currey et al built on the work of Vose et 
al and offered evidence of increased ash content leading to a decrease in ultimate stress. 
Metatarsals of skeletally immature wild rabbits were impact tested via three point loading. 
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The findings of Vose were confirmed, showing a rapid rise in ultimate stress with an initial 
rise in ash content, however perhaps more interestingly, there was a sharp fall in stress at 
higher values of ash content [158]. This finding can be used to explain the brittle behaviour 
found in decollagenised specimens with an increased mineral to organic ratio in this 
clinical study.
Gupta et al also described a model of strain sharing based on the collagen versus mineral 
and fibril versus extra fibril nanostructures in bone. Gupta was able to show, that in bovine 
bone, there is a bone hierarchical decoupling that occurs when either entity is 
compromised. This leads to a tensile load transfer in bone matrix from mineral to collagen. 
Ordinarily when this composition is healthy, the mineral is design to “damage shield” the 
collagen by preventing gross deformation through the stiffer mineral construct [346]. It is 
important to note, that much of this study revolved around principles described by Gao et 
al, who showed that tissue, fibril and mineral take up successively decreased levels of 
strain respectively, at a ratio of 12:5:2 [347]. This contradicts an earlier parallel model 
which suggested that there was equal strain uptake in mineral and collagen phases [348]. 
Furthermore, Currey was also able to show in multiple bone species, that a decreased 
mineral volume fraction led to an increase in ultimate strain, hypothesising that this may be 
as a result of greater load distribution throughout the whole structure as opposed to only 
near the fracture line [343].
Gao and Gupta’s models therefore, are able to explain the reduction in strain in 
decollagenised bone specimens. In this study, it was significantly shown that at 5M NaOH 
there was an absolute reduction in strain to 0.59% (73% decrease compared to control) 
and at 10M NaOH an absolute reduction in strain to 0.50% (77% decrease compared to 
control). It can be stated therefore, that in these specimens, as the collagen phase is 
compromised, there is an increased loading of the stiffer mineral phase which is known to 
take less strain than collagen. This can also be used to explain the predisposition of 
fracture in certain bone diseases such as osteogenesis imperfecta, in which the organic 
content is compromised [166].
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With regards to stress, decollagenised bone specimens showed a significant decrease in 
ultimate stress at both concentrations of 5M and 10M NaOH, being more pronounced in 
the stronger concentration group. Values were over 70% decrease in stress at 24 hours for 
5M NaOH and almost 90% at 24 hours for the 10M NaOH specimens, with a significant 
decrease in ultimate stress evident at 12 hours onwards for both NaOH concentrations. 
Given that NaOH is not considered to affect the mineral or ash content, the results 
presented in this thesis suggest that the two-phase inorganic to organic content ratio was 
affected. This leads to a proportionally higher mineral to collagen ratio which leads to an 
“over-stiffening” effect on bone. 
Another explanation for the significant decrease in ultimate stress seen in the 
decollagenised groups is the disruption of collagen cross-links. Knott et al have previously 
studied the role of collagen on ultimate stress in avian cortical bone. Their detailed 
biomchemical analysis showed that osteoporosis in avian bone was not simply a loss of 
apatite and collagen, but rather a decrease in mechanical stress was also due to post-
translational modifications such as the intermolecular collagen cross-link profile [349]. 
Oxlund et al further backed these findings in an animal study of female rat bone, by 
inhibiting the enzymatic formation of pyridinoline cross-links. They found that a 45% 
decrease in these cross-links led to a 26% decrease in bending stress. This study also 
showed a concurrent decrease in both deflection and stiffness in bone [174]. It is possible 
therefore that changes in the collagen cross-links, could to some extent, account for  the 
stress results reported in this thesis. 
Clinical correlation of these results is closest to the effect found in those on long-term 
bisphosphonates, as both the decollagenisation and bisphosphonate drug treatment 
processes increase the mineral to collagen ratio. Mashiba et al studied pathogenesis of 
bisphosphonate induced atypical fractures on dog ribs, and found that the altered tissue 
repair process as a result of continued suppression of bone turnover rate led to micro-
damage accumulation [350]. Ettinger et al explored and found that long term suppression 
of bone turnover rate led to brittle bone that was susceptible to crack progression and 
therefore atypical femoral fractures (AFF) [351]. 
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Taken together, these findings suggest that in decollagenised bone, when a load is 
applied, micro-crack formation occurs at a lower stress, and crack-propagation is more 
pronounced leading to the significant effect on ultimate stress seen.  It is important to note 
however, that AFF are not as a result of microarchitecture of bone alone. Extrinsic 
properties of femora are also responsible. Previous studies have shown that whilst bowing 
of the femur is intended to direct tensile forces to the shaft, over-bowing of the femur may 
be an accusative factor as has been postulated by Sasaki et al [352].  This was further 
supported by a study which used finite element analysis to evaluate bowing of femurs in 
AFF. It found that those who incurred an AFF had excessive tensile stress on the 
anterolateral surface of the femoral shaft, making these patients high risk for an AFF. The 
study named this high risk stage as a “Stress fracture of the bowed femoral shaft” (SBF) 
[353].
7.2.2 Elastic modulus 
The decrease in elastic modulus of decollagenised specimens differed. At 6 hours in both 
concentrations of NaOH, there was a significant increase in elastic modulus that was 
significant. This correlated to a 30% increase at 6 hours in both 5M and 10M NaOH. It can 
be hypothesised, that the decollagenisation led to a relative hyper-mineralisation of bone 
specimens at 6 hours. This relative and apparent density increase led to an exponential 
rise in elastic modulus. Furthermore, the increase in stiffness seen at 6 hours, may arise 
secondary to the load sharing or “recruitment” of the mineral phase, which has a lower 
strain and higher stiffness, a vital difference between both phases. Evaluating the 
literature, this seems to be a novel finding, this finding is supported by Les et al, who 
suggested a higher elastic modulus is associated with more brittle properties [344].
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Traditionally, it is known that mineral content contributes to the stiffness of bone in the 
elastic phase [354, 355]. However, Burstein et al has also previously shown that plastic 
deformation of bone is via a mechanism that combines both the elastic-perfectly-plastic 
behaviour of mineral, and the purely elastic behaviour of collagen [164]. It was 
hypothesised that the sum of both components would have an effect on the elastic 
properties of bone, with a deficiency in one leading to a difference in mechanical 
properties. At time points of 12, 24 and 48 hours in the decollagenised specimens, a 
significant decrease in elastic modulus was found, more so than that found in 
demineralised specimens. This was an over 90% decrease at 48 hours in the 10M NaOH 
concentration. 
These findings are backed by several studies. Jonas et al looked at copper deficiency as a 
cause of impaired collagen cross-links in rat femora. Under torsional testing, he showed a 
decrease in mechanical properties including elastic modulus [178]. Lees et al studied the 
cortical tibia and femora of New Zealand white rabbits after feeding them a weight 
determined dose of B-aminopropionitrile (BAPN), showing an increased collagen 
equatorial diffraction which correlated with a decreased elastic modulus [179]. Oxlund et al 
found similar in rat cancellous bone, after daily injection of BAPN [174]. 
This does however contradict findings by Wang, who attempted to denature collagen in 
human cadaveric bone, and whilst there was a decrease in elastic properties, this was not 
as significant, with a less than 10% variation with incomplete denaturation of all collagen 
[177].
One could also surmise that the affected mineral to collagen ratio seen in decollagenised 
specimens could act as a surrogate for osteopetrosis. Pathological bone disease such as 
osteopetrosis is characterised by an overproduction of calcified collagen and failure of 
bone to remodel during growth. The entire cross-section of bone is composed with poorly 
organised mineralised bone, which tends to lead to transverse brittle type fracture [356] . 
Ashman et al studied measured the elastic properties of an osteopetrotic Angus calf. The 
long bone were segmented and compared to control normal bone segments from another 
angus calf. Ultrasonic testing was conducted to test the elastic properties, finding that the 
osteopetrotic bone was less stiff than its normal counter-part [357]. 
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There are few other studies which look at the effects of this bone disease in such detail 
given the rarity of this condition, and it is difficult to ascertain whether this thesis could 
support the findings by Ashman et al given the difference in hierarchical level studied. 
However, the macro-structural mechanical changes that occurred with Ashman et al, give 
baseline values on which the results of this thesis can be correlated with. 
7.2.3 Yield and post-yield  properties
Yield stress of the decollagenised samples was significantly reduced (71% and 82%) at 24 
hours for 5M NaOH processed specimens and 12 hours for 10M NaOH specimens 
respectively.  For yield strain, there was a significant increase of 28% at 48 hours for 
demineralised samples, and a more pronounced significant decrease at 24 and 12 hours 
for both 5M and 10M NaOH. This was expected given the values for ultimate stress.
The values shown for decollagenised bone specimens varied substantially to that seen in 
demineralised bone. Post-yield values for these specimens were close to zero at the 48 
hour stage, with a 96% reduction at 48 hours in 5M NaOH and a similar value even earlier 
in the 10M NaOH samples (24 hours). Wang et al, in his study, denatured human femoral 
cadaveric bone through thermal means. The post-yield values were shown to reduce 
significantly at greater temperatures with values close to zero at 200 degrees celsius [177]. 
Zioupos et al also studied human cadaveric bone and the ageing effect on post-yield 
values. There were also found to be decreased. Zioupos hypothesised that “pre-failure” 
post-yield mechanisms were related to bone toughness which have traditionally been 
attributed to collagen [7]. However factors such as micro-crack formation and crack-
bridging  (which are affected by collagen) also need to be considered. 
Decollagenisation seemed to have a greater effect on post-yield values than in 
demineralised samples. Toughening mechanisms are likely crucial in this pre-failure stage.
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7.3 Ductile to brittle transition
A material that shows increased post-yield strain following is thought of as ductile, with the 
opposite being true of brittle behaviour. 
In demineralised specimens, ductile behaviour was demonstrated, with a significant 
increase of 51% ductility at 24 hours. In decollagenised specimens, the opposite behaviour 
was observed, with over 40% reduction in ductility significant at 24 hours onwards. In 
effect, this study has shown a tendency for demineralised bone to exert increased ductile 
behaviour, with increased brittle behaviour in decollagenised bone. This ties in with the 
literature showing hyper-mineralised bone being associated with brittle properties.[5, 64] 
[358]. Currey et al observed the tympanic highly mineralised bulla of the fin whale 
(Balaonoptera physalus) compared to ones from other species with mineralisation of 
varying degrees. It was observed that there is a critical level at which bone with increased 
mineralisation begins to behave differently, specifically in a more brittle manner as 
observed in this thesis. This is in contrast to peer antler which has a relatively low 
mineralisation, having a very high work to fracture. It forms a “U” shape but does not 
fracture under high stress. In humans, the best example would be the ossicles of the ear, 
which are highly mineralised and exhibit brittle failure, however this is less likely given their 
intracranial position with less load transfer.[359] This becomes relevant in fracture 
prevention strategies, particularly with the use of bisphosphonates. Allen et al showed 
beneficial effects of these on fracture risk for 2-5 years, after which the relative 
hypermineralisation may make bone more susceptible to brittle fracture [360]. Additionally, 
there seems to be a confounding factor of lack of remodelling as a result of this 
medication.[361]
Zioupos et al studied bone segments of cortical mid-diaphysral bone in ageing human 
femora, and under three-point bending extrapolated ages at which ductile to brittle 
transition seemed to occur. This was found to be at age 55 years old in females and 70 
years old in males [147].
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The transition from ductile to brittle behaviour was associated with a 45% reduction in the 
deformation seen in bone prior to failure, with a reduced or absent plastic phase in the 
brittle bone. This 45% reduction in ductility in Zioupos’ study, correlates with the results of 
this study, where a similar reduction in ductility correlated to 24 hours immersion in both 
5M (43% reduction) and 10M NaOH (42% reduction).
7.4  Toughness
This study has demonstrated that toughness in demineralised specimens increased 
significantly by 35% at 24 hours. Previous work by Currey et al has shown that mineral 
does have a relationship with fracture toughness, with low mineral deer antler bone 
showing a higher toughness, as opposed to the highly mineralised ear ossicle bone, which 
are more brittle [362]. Further work by Zioupos in 1996 assessing ash content on bone 
mechanical properties showed that  there was a negative relationship between ash content 
and bone toughness [5]. Additional work to support these findings in polar bears was 
carried out by Brear et al [363], and Currey et al, who both showed that in bone of various 
species, highly mineralised segments showed increased elastic modulus but decreased 
strain to failure [337]. This is however in contrast to work by Wang et al, who analysed 
crack propagation, a marker of bone toughness in baboon femora of varying ages. He 
noted despite no significant changes in bone mineral density in the older bone, fracture 
toughness and micro-hardness both decreased, concluding that the mineral phase alone is 
not responsible and other factors at play [6]. This was also supported by Wallace et al, 
who demineralised ovine who whole femora, and mechanically tested, finding that at a 
slow strain rate, there was minimal change in strength, but that fracture toughness was 
more reduced in the demineralised samples [64]. Wallace deduced that other processes 
were likely affected, particularly collagen.
In the decollagenised bone specimens, there was a uniform reduction of bone toughness 
over time, with 5M NaOH samples showing a significant 48% decrease at 24 hours and a 
more pronounced reduction the 10M NaOH, with an 80% decrease at 12 hours. 
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Currey studied the effect of collagen on bone toughness. By looking at irradiated human 
bone used for allografting, a marked reduction in toughness was seen in the highly 
irradiated bone. Irradiation has been reported to affect the collagen network but to have 
little effect on the mineral [345]. Other work on the effect of collagen on bone toughness 
has been performed by Wang et al, with thermal denaturation of human cadaveric femoral 
cortical segments which underwent mechanical testing [177]. 
Clinical this has significant translational implications. Burstein et al, in 1974, analysed 
cadaveric femoral cortical bone of various ages (21 - 86 years old). This bone was 
machined into segments and following mechanical tesing, it was found that 70 year old 
human femoral cortical bone correlated with a 40-50% reduction in toughness [90]. In this 
study, this would require processing in EDTA for >48 hours, or 24 hours in 5M NaOH. 10M 
NaOH would not be suitable given the significant loss of toughness achieved between 6 
and 12 hours (3% to 81%). This again has significant positive implications for translational 
research, as this thesis has shown a protocol where a percentage reduction in staged 
fashion could be achieved. 
However it remains important to note that collagen alone, whilst providing a toughening 
mechanism in itself, is one part of a group of mechanisms. such as micro cracks and 
crack-bridging for which collagen cross links are required. This is in addition to the 
toughening mechanisms provided by enzymatic and non-enzymatic cross-linking as 
explored in the literature review.
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7.5  Clinical findings
7.5.1 Epidemiology
The incidence of paediatric femoral shaft fractures was found to be 3.5 per 100,000 person 
years, and in adults 11.5 per 100,000 person years. Total population incidence stands at 
14.9 per 100,000 person years. There was a bimodal distribution of simple fracture pattern 
in paediatric and older adult age groups, with a unimodal distribution of comminuted 
fractures in adults. There was a similar bimodal distribution of low energy fractures simple 
in paediatric and elderly ages, with a unimodal comminuted high energy mechanism in 
adults. Elderly females were a specific high risk group, with the majority sustaining low 
energy simple fractures. Conversely, adult males were more likely to sustain a high energy 
comminuted fracture.
The incidence of femoral shaft fracture found in this study is within the ranges in the 
literature (9.65 - 21 per 100,000 person years) [223, 303, 304, 307, 364, 365]. The main 
studies in the literature have a similar demographic and therefore the incidence is more 
closely related to those studies. However, Enninghorst et al, in a prospective study in an 
Australian trauma centre, identified 136 femoral shaft fracture in one year, giving an 
incidence of 21 per 100,000 person years [365]. There is obviously a significant 
discrepancy between Enninghorst’s work and this thesis. Enninghorst’s work included the 
paediatric population, as opposed to just adult in previous studies. Furthermore, there is a 
significantly larger population within their catchment area compared to that studied here 
(850,000 vs 545,000). There is also support for Enninghorst’s work in another study from 
Rochester, where an incidence of 19 per 100,000 person years was shown [307].  
A bimodal distribution of femoral shaft fractures was also seen, particularly in the very 
young (<2 years old) paediatric population and the elderly population. This can be seen in 
Figure 34. This is contrary to that seen by Benger et al, who showed peaks for high energy 
young males and low energy elderly females [305]. This was also supported by 
Enninghorst et al, who showed bimodal peaks for 21-30 year olds and 81-90 year olds 
[365].
148
There was no overall gender discrepancy. When analysing the sub-groups however, the 
majority in the paediatric (30 males v 8 females) and young adult population (27 males vs 
10 females) were male. This is in contrast to the older population, of who the majority were 
females (67 females vs 21 males). This is supported by Salminen et al in an adult 
Scandanavian population study where the highest age and gender specific incidence were 
seen in males of 15-24 years old and females over 75 years old [303]. However, this was 
contrary to work by Enninghorst et al, who found that 65% of males sustained a femoral 
shaft fracture in a total population [365]. Therefore, it is likely that epidemiological 
incidences in Western Europe such as Scandanivia and the United Kingdom, differ 
significantly to those in Australia and the United States, where the rates are not 
comparable.
7.5.2 Clinical implications of biomechanical study
If age is considered to be a surrogate for bone quality, the results of the mechanical tests 
in this study may explain the findings of the clinical study. The premise for the 
interpretation of the results lies in the assumption that demineralised bone samples 
represent paediatric bone, control bone samples represent peak adult bone age, and 
decollagenised specimens represent older osteoporotic bone.
It has been established that peak bone mass is reached around the third decade of life, 
which forms the basis of the working assumption of an adult group as a surrogate for peak 
bone density [366]. Furthermore, it is likely peak bone-age has double the bone mineral 
density to that following the age of 50 years old [367]. This is as a result of optimised 
mineral to collagen ratio, with increased mineral resulting from both an increase in mineral 
content in bone mineral units, as well as an increase in bone volume as a result of 
elongation of long bones through endochondral ossification [368]. Results of this study 
showed that the adult group suffered more high energy comminuted fractures and this was 
significant. This is directly associated to the control values in this study, which are 
uniformly higher than those in demineralised and decollagenised samples. Ultimate stress 
(surrogate of strength) values were between 170 - 190 MPa in control values, whereas 
these are as low as 90MPa (48 hours EDTA), 39MPa (48 hours 5M NaOH) and 4MPa (48 
hours 10M NaOH). 
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Yield stress values followed the same trajectory as ultimate stress values above. This is 
important as this means that the energy required to achieve yield is lower in demineralised 
and decollagenised bone. 
This is particularly relevant in the older age population, the majority of whom sustained a 
low energy mechanism fracture. The mineral and collagen phases are both affected in 
ageing bone. The yield point is therefore achieved at a lower energy (low strain model), 
and therefore plastic deformation occurs at a lower energy. If this bone is less tough, then 
it is easy to see how elderly osteoporotic bone would fail at a lower energy.
It has previously been explored by Wallace et al, at a low strain rate, that demineralised 
bone has a reduced toughness to normal bone [64]. This study has shown that the 
decollagenised specimens had a significantly reduced toughness, almost to 100% in the 
10M NaOH specimens. This can explain the discrepancy found in previous 
demineralisation studies, particularly at low strain rate. This thesis has also demonstrated 
that in both demineralised and decollagenised bone, the elastic phase, young’s modulus 
and yield stress are reduced as a result of these processes. In the decollagenised 
specimens, post-yield properties are almost zero - implying a more brittle type failure, 
whereas in the demineralised specimens, there was an increase in post-yield properties, 
implying a ductile mechanism of failure. This can be directly used to explain results seen in 
the clinical section, whereby the adult bone age is more likely to be ductile, and has a 
much higher ductile to brittle transition threshold. Therefore the main way to reach this 
threshold is through a high energy mechanism, which is more likely to lead to a 
comminuted fracture as evidenced in the results. Conversely, elderly bone has a much 
lower ductile to brittle transition threshold, with a lower energy required, and when that 
energy is reached, a brittle simple fracture occurs.
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This is also relevant to fragility fractures, as can occur in elderly or osteoporotic bone. 
Fragility fractures are different to pathological or stress fractures as they occur after a load 
is applied onto bone with an abnormal elastic phase [369]. Furthermore, traditionally the 
approach to fragility fracture theories has been through approaching it via an energy or a 
stress mechanism. It remains incompletely understood primarily due to the difficulty in 
interpreting energy changes during a compression type fracture, which occur as a result of 
reduced bone toughness, as seen in the decollagenised segments [370]. Compression 
fractures result not along the lines of maximal stress as in tension fractures, but rather 
once a crack is initiated, it may propagate obliquely along osteons [370, 371]. Clinical 
examples of such fractures include vertebral bodies, sacral and pubic rami fractures. On 
occasion, axial loading of long bones may produce a compression type fracture such as 
that seen in a buckle in the paediatric population as explored above. Both types of 
mechanical failure occur on the compression surface and can be thought of as age related 
compression fractures  [372, 373]. Elderly osteoporotic bone is likely to behave in such a 
way as a result of reduced organic content, which markedly reduces the toughness [5]. 
The decollagenised samples correlate more with a clinical picture of insufficiency brittle 
fracture seen in clinical practice in osteoporotic bone or can be as a result of ageing as 
described by Zioupos et al [7]. In both demineralised and decollagenised segments, the 
strength and yield stress of bone is markedly reduced. As both processes are disrupted in 
osteoporotic bone, this is likely to have an additive effect compared to paediatric bone.
7.5.3 Paediatric bone failure
The paediatric population displayed a predominance of simple fracture, which was a 
surprisingly similar finding to that in the elderly population. This was despite an even 
distribution in mechanism energy. This is perhaps a surprising findings which implies that 
bone behaviour is altered to allow this to happen. Demineralised segments were used as a 
surrogate for paediatric bone, where bone has not reached adequate mineralisation 
compared to peak bone age. Furthermore, it is known that between the ages of 2 and 20 
years old, bone mineral density shows a direct linear relationship each increased year of 
age [374]. It is important to note that the majority of paediatric fractures occurred in those 
under 2 years of age, and there was a predominance for low energy simple fractures in 
this sub-group. The collagen phase is therefore proportionally higher in this age group.  
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The demineralised samples showed a reduced yield point and strength but increased 
ductility and toughness. This is helpful in explaining why in a fracture such as a greenstick 
fracture, the tension side fails but the compression side plastically deforms. The 
mechanical interpretation of this would be an increase in the plastic phase, with higher 
plastic energy dissipation during fracture [375]. This is part of the reason why in paediatric 
bone, plastic deformation in a forearm can occur, which is not usually seen in the adult or 
elderly populations. It also helps to explain greenstick fractures, where the convex tension 
side fails with plastic deformation of the concave compression side. 
However this does not fully explain why the compression side does not fail entirely, or why 
a buckle compression fracture occurs. This is unlikely linked to demineralisation or 
decollagenisation in isolation and the findings of this thesis fails to explain these fractures 
entirely. Rather, such fracture patterns are thought to occur as a result of the immature/
mature cross link ration in paediatric bone. Berteau et al looked at this ratio in paediatric 
fibular fractures. Seven cadaveric paediatric fibulae were compared to three elderly 
fibulae. There were mechanically tested using three-point bending as well as biochemically 
analysed for quantification of cross-links. A greater degree of plastic deformation was 
seen, and this was thought to occur as a result of greater ratio of immature cross-links 
compared to adult bone. Bone with a greater ratio of immature cross-links was shown to 
be able to plastically deform to greater degrees under stress [376]. This correlates with the 
compression surface, which is under less stress than a tension surface, being able to 
withstand greater deformation.
In a buckle fracture, the compression surface fails. This is likely to do with bone location, 
being a metaphysical injury, as well as type of load applied (axial). Trabecular bone can 
withstand much greater strains than cortical bone, exhibiting greater viscoelasticity [36, 
94]. The aim of this thesis was not to study compression failure, however given this finding 
in the results, it has formed an important discussion point around an area which shows a 
distinct lack of biomechanical research in clinical practice. The process is likely 
multifactorial and as of yet not clearly understood. 
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7.5.4 Transitional change
Perhaps one of the most interesting findings is the quantification of how much age 
contributed to fracture pattern in this study. Adult bone was used as the clinical “control”, 
with the assumption that this correlated to peak bone density. 
When comparing fracture patterns in paediatric versus adult age groups, it was found that 
age alone accounted for 44.4% of this variation. Similarly, age was found to account for 
33% of variation in fracture pattern between the older and adult age groups. These were 
both significant findings as there is a distinct lack of clinical correlation of physiological age 
with bone behaviour in femoral shaft fractures in the literature. The higher contribution of 
age in the paediatric age group compared to the older group is possibly as a result of 
higher number of comorbidities in the elderly population, leading to greater number of 
confounding factors. This is in comparison to a healthier paediatric population with less 
comorbidities and therefore a “purer” age contribution.
By applying receiver operating characteristic curves, ages at which bone behaviour 
seemed to change were identified and this could predict likelihood of certain fractures in 
each age category. The paediatric age of 14 years justified the arbitrary cut off of 16 in this 
study. Similarly, the older age of 56.5 years justified the arbitrary cut off of 55 in this study. 
It is however important to note that the cut off values were based on a balance between 
high sensitivity and low false positive rate. This interpretation can be operator dependant, 
with other interpreters possibly valuing a lower false positive rate in return for the sacrifice 
of a reduced sensitivity. 
When analysing the literature for correlation to these findings, there is a discernible lack of 
evidence. There are epidemiological studies which have looked at the distribution of 
femoral fractures in various populations as discussed in the literature review, however, the 
study of physiological age, energy and fracture pattern in the format laid out in this study is 
not known, and this is considered a novel finding in the literature.
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7.6 Limitations
It is likely that load orientation played a significant role in stress results seen. It is known 
that the femur resists vertical compressive loads better than it does horizontal bending. In 
four-point bending, bone is loaded at at right angles to the longitudinal direction 
encountered in most activities of daily living and this may account for the low ultimate 
stress values seen in this study. This is particularly evident in the 10M NaOH group, where 
a final mean ultimate stress value of 4N/mm2 was seen, almost a 100% decrease at 48 
hours. Furthermore, bone can fail in a multitude of ways, which includes shear, torsion, or 
a combination of these loads in tandem. The results of this thesis should be utilised for 
bending loads only, and are not generalisable for all failure mechanisms.
Much of the previous literature has validated the use of EDTA and patterns observed with 
regards to effect on density and mechanical properties, however it is not definitively clear 
with regards to NaOH. As explored in the literature review, it is not likely the mineral phase 
is affected in such a solution, and this was crudely measured using pixel intensity as a 
measure of density/mineralisation. However, further validation of the method is required 
with histological sampling of these bone specimens. This would provide the scientific 
community with further qualitative/quantitative effects of NaOH on both the mineral, 
collagen, collagen cross-link and water contents. Histology would be more reflective of the 
ultra-structure of bone. Any change to the structural water content would have effects on 
the viscoelasticity. This would ordinarily require histology to visualise accurately. The use 
of confocal laser microscopy has become more common to reconstruct 3-dimensional 
images akin to histology (which is 2-dimensional). This is an optical imaging technique by 
means of a pin-hole, which blocks out other light, increasing the optical resolution and 
micrograph of a section. Multiple images at different depths are possible and these can be 
reformatted into a 3-dimensional image.
The free-hand cutting of bone segments using the methods outlined could have potentially 
led to notching or micro-crack formation on cortical bone surface. This could also have 
occurred with periosteal stripping, however this is less likely given this was done via a 
peeling mechanism and no sharp instrumentation used. Any notching on the surface could 
have a significant effect on the mechanical properties, particularly in the decollagenised 
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segments, in which reduced limitation of crack-propagation occurs and therefore reduced 
toughness. Any notch would therefore have a confounding effect.
A further limitation of this study, and in particular mechanical testing, is the assumption that 
mechanical properties of decollagenised and demineralised samples is due to the bony 
response alone. It was out-with the remit of this thesis to study the effects of soft tissues 
on the mechanical results seen. It is well known that the soft tissues surrounding bone has 
an influence on both the magnitude and direction of force. This is particularly applicable to 
the periosteum, Previous ovine studies have shown the femoral periosteum contributes 
positively to both the elastic modulus and anisotropic effect of the femora shaft [377]. This 
effect is likely to be amplified in paediatric patients who have a thicker periosteum, and is 
uncalcified unlike those in the osteoporotic population [378]. The effect of the periosteum 
in paediatric bone should not be understated, as this thicker structure must fail along with 
the more ductile bone in order for the bone to fail. Additionally, this is an important 
structure for fracture reduction and stability.  This is particularly true to fracture of the 
forearm in children [379]. The periosteum, for the purposes of this thesis was therefore 
removed in order to standardise the cortical bone segments, and therefore the results 
should be interpreted with this in mind.
Finally, it is inaccurate to simply use physiological age as a surrogate for bone quality. 
There is no clear consensus in the literature to suggest this is the case. However, the use 
of ROC curves to delineate changes in bone behaviour did yield results which justified the 




It would be helpful to analyse more specifically the effect of sodium hydroxide on the 
micro-structure of bone and its effect on both the collagen content and its effect on 
collagen fibril orientation. Light-based imaging techniques such as confocal laser 
scanning microscopy can give information on the water, cross-links, collagen and mineral 
phases in 3-dimensions within the bone specimens being tested.[380] Orientation-based 
techniques such as polarised light microscopy are useful to study the effect of sodium 
hydroxide on the orientation of collagen fibrils.[381] These techniques can also be utilised 
to measure any effect, if any, the sodium hydroxide has on the mineral crystals which may 
have confounded the findings of the study. This is in addition to the histology which is 
suggested in the limitations.
Future studies should apply the laboratory methods of this study onto whole ovine femoral 
bone via cyclic loading of bone in varying solutions to achieve the required fracture model 
to be studied. Bone segments will behave differently to whole bone as intrinsic properties 
of bone segments are amplified. It would be essential to measure the extrinsic properties 
of bone to see if the results of this thesis translate to a macro-structure. Furthermore, once 
cortical bone testing has been exhausted, attention should be switched to the effects of 
demineralisation and decollagenisation on trabecular bone, particularly the neck of femur, 
given the frequency of this injury in the elderly. 
Another area of future work would be to assess the degree of compression versus tension 
failure in decollagenised specimens. In this study, slow video was taken to assess which 
surface failed first under slow loading. A potential solution to this would be micro-computed 
tomography. This would allow the measurement of stepwise rather than continuous 
measurement of compression. A micro-compression device can be used to image the 
loaded specimen directly in the micro-CT scanner. Successive increased loads can be 
applied to allow dynamic failure assessment of bone at a low strain rate. 
Given the anisotropic and load-dependant failure variation in bone, one final area that 
should be studied is the effect of high strain rate on decollagenised specimens. Toughness 
is rate dependant, and this would allow quantification of the effects of a higher strain rate 
on bone mechanical properties.
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7.8 Conclusion
Decollagenised cortical bone behaves as a brittle material at low strain rate, with reduced 
mechanical properties at all stages, including toughness. However, with increased 
decollagenisation there is a two-phase stiffening process, whereby there is an initial 
compensatory increase in stiffness followed by a progressive decrease. Post-yield 
properties are almost zero with greater rates of decollagenisation, directly relating the role 
of collagen to this pre-failure stage. Failure at the compression surface was noted at the 
extremes of decollagenisation under a low strain bending load. Demineralised bone was 
found to have reduced pre-yield and yield properties, however behaved as a more ductile 
material with increased toughness.
Femoral shaft fractures in this British population show a bimodal distribution with low 
incidence, and a double peak in the very young (under 2 years of age) and elderly age 
groups, with elderly females being most at risk of this injury. Until age 14, a simple fracture 
is more likely to occur. Between the ages of 14 to 56.5, a comminuted fracture is more 
likely to occur. After age 56.5, a simple fracture is more likely to occur. 
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8.  APPENDIX
8.1 Appendix A - Force deflection graphs


















































































8.2 Appendix B - tables mechanical values
8.2.1 Control values
FORCE
0 hours 6 hours 12 hours 24 hours 48 hours
Trial 1 360 480 360 310 360
Trial 2 240 330 340 510 240
Trial 3 910 750 600 1010 910
Trial 4 380 405 440 405 380
Trial 5 410 390 320 390 410
DEFLECTION
0 hours 6 hours 12 hours 24 hours 48 hours
Trial 1 1.4 1.1 2.1 1.75 2.1
Trial 2 0.9 1 1.45 1.05 1.4
Trial 3 2.4 1.2 0.85 1.1 1.1
Trial 4 1.05 1.1 0.76 1.1 0.8
Trial 5 1.1 0.75 0.9 0.75 0.86
ULTIMATE STRESS
0 hours 6 hours 12 hours 24 hours 48 hours
Trial 1 120 225 164.4 140 164
Trial 2 152 195 181 235 119
Trial 3 160 304 300 280 319
Trial 4 235 128 212 140 193
Trial 5 310 115 153 176 212
188
ULTIMATE STRAIN
0 hours 6 hours 12 hours 24 hours 48 hours
Trial 1 1.98 2.9 3.1 1.93 3.16
Trial 2 2.08 1.82 2.15 2.66 1.93
Trial 3 3.19 2.45 2.13 2.22 2.22
Trial 4 2.76 2.33 1.78 2.11 1.73
Trial 5 2.32 1.83 2.24 1.78 2.5
YIELD STRESS
0 hours 6 hours 12 hours 24 hours 48 hours
Trial 1 109 210 150 139 142
Trial 2 150 160 162 232 105
Trial 3 140 294 285 265 299
Trial 4 229 130 205 129 165
Trial 5 300 180 135 171 204
YIELD STRAIN
0 hours 6 hours 12 hours 24 hours 48 hours
Trial 1 1.66 1.76 2 1.86 2.89
Trial 2 1.96 1.65 2.82 2.1 1.65
Trial 3 2.45 2.29 1.85 1.9 1.78
Trial 4 1.83 2.2 1.7 1.94 1.59
Trial 5 1.95 1.7 1.84 1.64 1.48
189
ELASTIC MODULUS
0 hours 6 hours 12 hours 24 hours 48 hours
Trial 1 10337 15227 8172 10049 8153
Trial 2 9218.59 12113 8129 12094 8064
Trial 3 9509 15021 13412 12640 15460
Trial 4 13553 10901 14819 9342 12773
Trial 5 13392 13802 10170 12294 15096
POST-YIELD STRESS
0 hours 6 hours 12 hours 24 hours 48 hours
Trial 1 7.3 20.3 7 8 17
Trial 2 8 10 14 20 9
Trial 3 18 14 21 19 15
Trial 4 15 7 11 7 10
Trial 5 17 13 18 13 18
POST-YIELD STRAIN
0 hours 6 hours 12 hours 24 hours 48 hours
Trial 1 0.32 0.19 0.11 0.69 0.27
Trial 2 0.12 0.17 0.33 0.56 0.28
Trial 3 0.3 0.55 0.28 0.32 0.44
Trial 4 0.6 0.25 0.5 0.17 0.14
Trial 5 0.37 0.13 0.4 0.13 0.23
DUCTILITY
0 hours 6 hours 12 hours 24 hours 48 hours
Trial 1 1.17 1.02 1.13 0.81 1.23
Trial 2 0.88 0.88 1.24 1.26 0.92
Trial 3 1 1.39 0.98 0.67 0.67
Trial 4 1.28 0.94 0.7 1.01 0.97
Trial 5 1.2 0.72 1.39 0.97 0.73
190
TOUGHNESS
0 hours 6 hours 12 hours 24 hours 48 hours
Trial 1 120 180.2 156.7 99 156
Trial 2 98.5 91.7 185 130 106
Trial 3 178 201 90 198 198
Trial 4 201 160 145 112 118
Trial 5 145 118 132 118 146
PIXEL INTENSITY
TRIAL 1 TRIAL 2 TRIAL 3 TRIAL 4 TRIAL 5
0 HOURS 193 192 184 184 190
6 HOURS 177 180 179 188 184
12 HOURS 180 182 183 180 179
24 HOURS 193 180 190 182 175




TRIAL 1 TRIAL 2 TRIAL 3 TRIAL 4 TRIAL 5
0 HOURS 360 340 560 440 320
6 HOURS 580 230 240 460 440
12 HOURS 325 450 410 270 330
24 HOURS 340 310 320 320 315
48 HOURS 180 210 270 205 230
DEFLECTION
TRIAL 1 TRIAL 2 TRIAL 3 TRIAL 4 TRIAL 5
0 HOURS 1.3 1.5 1.4 1.1 1.3
6 HOURS 1.35 1.1 1.3 1.85 0.78
12 HOURS 1.28 1.35 1.25 1.4 1.2
24 HOURS 1.75 1.55 1.5 1.6 1.75
48 HOURS 1.8 1.85 1.95 1.9 1.9
ULTIMATE STRESS
TRIAL 1 TRIAL 2 TRIAL 3 TRIAL 4 TRIAL 5
0 HOURS 180 152 210 135 200
6 HOURS 235 122 160 154 178
12 HOURS 187.3 113 112 174 167
24 HOURS 111.5 135 148 103 127
48 HOURS 87.3 96 83.1 94 95.1
192
ULTIMATE STRAIN
TRIAL 1 TRIAL 2 TRIAL 3 TRIAL 4 TRIAL 5
0 HOURS 1.98 2.08 3.19 2.81 2.32
6 HOURS 2.74 2.79 3.04 2.77 2.9
12 HOURS 3.01 2.65 2.73 3.52 2.21
24 HOURS 2.99 2.74 3.01 3.21 1.96
48 HOURS 2.71 2.98 2.9 3.17 2.85
YIELD STRESS
TRIAL 1 TRIAL 2 TRIAL 3 TRIAL 4 TRIAL 5
0 HOURS 150 140 188 130 180
6 HOURS 220 128 96 135 162
12 HOURS 168 101 92 140 158
24 HOURS 91 120 132 89 98
48 HOURS 60 72 55 78 90
YIELD STRAIN
TRIAL 1 TRIAL 2 TRIAL 3 TRIAL 4 TRIAL 5
0 HOURS 1.66 1.96 2.45 1.83 1.95
6 HOURS 2.35 1.8 2.18 2.29 2.9
12 HOURS 2.6 1.94 2.12 2.75 1.98
24 HOURS 2.4 2.29 2.35 2.66 1.7
48 HOURS 2.6 2.77 2.4 2.5 2.7
193
ELASTIC MODULUS
TRIAL 1 TRIAL 2 TRIAL 3 TRIAL 4 TRIAL 5
0 HOURS 10337 9218.59 9509 13553 13392
6 HOURS 13901 5649 5293 9104 10628
12 HOURS 8338 6066 9434 6343 6467
24 HOURS 7721 7956 10185 5847 5650
48 HOURS 5737.07 9232 4311 4254 9566
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POST-YIELD STRESS
TRIAL 1 TRIAL 2 TRIAL 3 TRIAL 4 TRIAL 5
0 HOURS 16 12 14 5 20
6 HOURS 15 14 32 19 16
12 HOURS 19.3 12 20 34 9
24 HOURS 20.5 15 16 14 29
48 HOURS 27.3 24 28.1 16 5.1
POST-YIELD STRAIN
TRIAL 1 TRIAL 2 TRIAL 3 TRIAL 4 TRIAL 5
0 HOURS 0.32 0.12 0.74 0.98 0.37
6 HOURS 0.39 0.99 0.86 0.48 0
12 HOURS 0.41 0.71 0.61 0.77 0.23
24 HOURS 0.59 0.45 0.66 0.55 0.26
48 HOURS 0.11 0.21 0.5 0.41 0.15
DUCTILITY
TRIAL 1 TRIAL 2 TRIAL 3 TRIAL 4 TRIAL 5
0 HOURS 1.02 0.88 1.19 0.94 0.72
6 HOURS 1.56 1.55 1.21 1.83 1.1
12 HOURS 1.73 1.62 2.27 1.4 1.69
24 HOURS 1.75 1.11 1.52 1.52 3.71
48 HOURS 1.51 1.33 3.32 2.93 1.75
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TOUGHNESS
TRIAL 1 TRIAL 2 TRIAL 3 TRIAL 4 TRIAL 5
0 HOURS 120 98.5 178 201 145
6 HOURS 191.8 101.7 164.5 137.9 221.8
12 HOURS 174.9 222.4 228.8 119.3 174.55
24 HOURS 273.4 105.8 174.5 222.2 230.9
48 HOURS 178.87 165.7 282.1 254.2 237.9
PIXEL INTENSITY
TRIAL 1 TRIAL 2 TRIAL 3 TRIAL 4 TRIAL 5
0 HOURS 185 186 190 191 188
6 HOURS 165 155 167 163 162
12 HOURS 154 157 159 151 149
24 HOURS 149 142 152 141 139
48 HOURS 133 125 139 128 127
196
8.2.3 5M NaOH values
FORCE
TRIAL 1 TRIAL 2 TRIAL 3 TRIAL 4 TRIAL 5
0 HOURS 290 480 600 530 370
6 HOURS 360 390 520 440 380
12 HOURS 620 380 230 200 210
24 HOURS 95 55 130 190 70
48 HOURS 55 160 130 90 52
DEFLECTION
TRIAL 1 TRIAL 2 TRIAL 3 TRIAL 4 TRIAL 5
0 HOURS 1.75 1.35 1.25 1.2 0.95
6 HOURS 1.15 1.4 1.1 1.05 1.45
12 HOURS 1.1 0.9 1.5 1.25 1.1
24 HOURS 0.85 1.05 1.4 0.95 1.45
48 HOURS 0.58 0.75 0.7 0.68 0.65
ULTIMATE STRESS
TRIAL 1 TRIAL 2 TRIAL 3 TRIAL 4 TRIAL 5
0 HOURS 156 186 215 202 161
6 HOURS 134.4 176 240 235 153
12 HOURS 150 192 126 101 120
24 HOURS 37 54 58 90 53
48 HOURS 21.5 46 61 43.5 23
197
ULTIMATE STRAIN
TRIAL 1 TRIAL 2 TRIAL 3 TRIAL 4 TRIAL 5
0 HOURS 2.15 1.85 2.53 2.13 2.24
6 HOURS 2.32 2.06 2.32 1.88 2.04
12 HOURS 1.65 1.53 1.91 1.56 2.25
24 HOURS 1.46 0.83 0.98 1.51 1.21
48 HOURS 0.38 0.89 0.58 0.35 0.73
YIELD STRESS
TRIAL 1 TRIAL 2 TRIAL 3 TRIAL 4 TRIAL 5
0 HOURS 150 162 200 210 150
6 HOURS 126 150 230 220 120
12 HOURS 140 180 106 95 96
24 HOURS 35 51 55 85 48
48 HOURS 21 45 60 43 23
YIELD STRAIN
TRIAL 1 TRIAL 2 TRIAL 3 TRIAL 4 TRIAL 5
0 HOURS 1.85 1.38 2.3 1.9 1.83
6 HOURS 2.01 1.86 2.13 1.7 1.84
12 HOURS 1.52 1.49 1.76 1.44 2.12
24 HOURS 1.44 0.68 0.95 1.48 1.05
48 HOURS 0.35 0.88 0.56 0.35 0.72
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ELASTIC MODULUS
TRIAL 1 TRIAL 2 TRIAL 3 TRIAL 4 TRIAL 5
0 HOURS 10337 9218.59 9808 13553 13392
6 HOURS 11414.79 16819 12729 21817 11664
12 HOURS 6489 6653 7144 6877 5666
24 HOURS 1618 1097 2374 2544 1423
48 HOURS 1185 2075 2654 1591 1011
POST-YIELD STRESS
TRIAL 1 TRIAL 2 TRIAL 3 TRIAL 4 TRIAL 5
0 HOURS 6 13 15 20 11
6 HOURS 8.4 11 10 15 15
12 HOURS 10 12 9 6 11
24 HOURS 2 3 3 5 5
48 HOURS 0.5 1 1 0.5 0
POST-YIELD STRAIN
TRIAL 1 TRIAL 2 TRIAL 3 TRIAL 4 TRIAL 5
0 HOURS 0.3 0.47 0.23 0.23 0.41
6 HOURS 0.31 0.2 0.19 0.18 0.2
12 HOURS 0.13 0.04 0.15 0.12 0.13
24 HOURS 0.02 0.05 0.03 0.03 0.16
48 HOURS 0.03 0.01 0.02 0 0.01
DUCTILITY
TRIAL 1 TRIAL 2 TRIAL 3 TRIAL 4 TRIAL 5
0 HOURS 0.93 1.08 1.12 1 1.39
6 HOURS 1.05 1.1 0.94 0.97 0.87
12 HOURS 1.23 0.92 1.04 0.93 1.13
24 HOURS 0.51 0.64 0.46 0.47 0.61
48 HOURS 0.47 0.53 0.37 0.55 0.59
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TOUGHNESS
TRIAL 1 TRIAL 2 TRIAL 3 TRIAL 4 TRIAL 5
0 HOURS 156.7 145.5 215.9 140.8 132.6
6 HOURS 169.39 149.8 141.1 161.8 124.36
12 HOURS 125.21 126.6 122.74 158.17 142.6
24 HOURS 77.58 55.41 61.94 76.9 69.2
48 HOURS 47.79 39.5 33.2 33.35 39.31
PIXEL INTENSITY
TRIAL 1 TRIAL 2 TRIAL 3 TRIAL 4 TRIAL 5
0 HOURS 189 182 193 181 190
6 HOURS 191 187 183 180 185
12 HOURS 190 189 188 185 179
24 HOURS 185 193 192 190 181
48 HOURS 185 190 187 184 194
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8.2.4 10M NaOH values
FORCE
TRIAL 1 TRIAL 2 TRIAL 3 TRIAL 4 TRIAL 5
0 HOURS 360 350 600 440 320
6 HOURS 345 320 340 400 375
12 HOURS 80 75 70 85 70
24 HOURS 26 82 44 40 60
48 HOURS 13 4 11 7 6
DEFLECTION
TRIAL 1 TRIAL 2 TRIAL 3 TRIAL 4 TRIAL 5
0 HOURS 1.2 1.65 2.05 1.2 0.9
6 HOURS 1.75 1.35 1.25 1.2 0.95
12 HOURS 1.05 0.95 1.05 1.33 1.2
24 HOURS 0.91 0.9 0.8 0.85 0.9
48 HOURS 0.57 0.6 0.7 0.48 0.55
ULTIMATE STRESS
TRIAL 1 TRIAL 2 TRIAL 3 TRIAL 4 TRIAL 5
0 HOURS 172 162 210 212 170
6 HOURS 120 164 176 190 230
12 HOURS 39 37 34 42 38
24 HOURS 13 40 22 20 25
48 HOURS 6 2 5 6 3
201
ULTIMATE STRAIN
TRIAL 1 TRIAL 2 TRIAL 3 TRIAL 4 TRIAL 5
0 HOURS 2.42 2.15 2.33 1.98 2.24
6 HOURS 1.94 2.11 2 1.41 1.56
12 HOURS 1.45 1.61 1.6 1.3 1.36
24 HOURS 0.96 0.77 0.8 1.15 1.01
48 HOURS 0.36 0.81 0.69 0.3 0.4
YIELD STRESS
TRIAL 1 TRIAL 2 TRIAL 3 TRIAL 4 TRIAL 5
0 HOURS 150 150 200 201 135
6 HOURS 104 144 162 180 220
12 HOURS 32 35 32 40 32
24 HOURS 11.5 38 20 17 21
48 HOURS 5.5 1.9 4.9 2.9 2.85
YIELD STRAIN
TRIAL 1 TRIAL 2 TRIAL 3 TRIAL 4 TRIAL 5
0 HOURS 2.15 1.82 2.13 1.7 1.84
6 HOURS 1.82 1.96 1.9 1.17 1.38
12 HOURS 1.41 1.48 1.43 1.26 1.25
24 HOURS 0.92 0.71 0.76 1.12 1
48 HOURS 0.35 0.8 0.68 0.3 0.4
202
ELASTIC MODULUS
TRIAL 1 TRIAL 2 TRIAL 3 TRIAL 4 TRIAL 5
0 HOURS 10337 9218.59 9509 11553 12303
6 HOURS 13158 13239 15149 14866 18819
12 HOURS 3558 2775 2895 2446 2593
24 HOURS 1149 2585 1509 904 836
48 HOURS 168 30 164 82 74
POST-YIELD STRESS
TRIAL 1 TRIAL 2 TRIAL 3 TRIAL 4 TRIAL 5
0 HOURS 12 13 10 16 11
6 HOURS 16 20 14 10 10
12 HOURS 7 2 2 2 6
24 HOURS 1.5 2 2 3 4
48 HOURS 0.5 0.1 0.1 0.1 0.15
POST-YIELD STRAIN
TRIAL 1 TRIAL 2 TRIAL 3 TRIAL 4 TRIAL 5
0 HOURS 0.27 0.33 0.3 0.32 0.4
6 HOURS 0.12 0.15 0.1 0.24 0.18
12 HOURS 0.04 0.13 0.17 0.04 0.11
24 HOURS 0.04 0.06 0.04 0.03 0.01
48 HOURS 0.01 0.01 0.01 0 0
DUCTILITY
TRIAL 1 TRIAL 2 TRIAL 3 TRIAL 4 TRIAL 5
0 HOURS 0.93 1.12 1.22 1 1.09
6 HOURS 0.87 0.98 1 1.1 0.88
12 HOURS 1.03 0.71 0.93 1 0.75
24 HOURS 0.43 0.59 0.53 0.61 0.58
48 HOURS 0.33 0.34 0.48 0.52 0.4
203
TOUGHNESS
TRIAL 1 TRIAL 2 TRIAL 3 TRIAL 4 TRIAL 5
0 HOURS 156.7 145 135 140.8 152.6
6 HOURS 145.3 122 152.1 149 159.7
12 HOURS 29.93 22.97 23.11 35.17 22.95
24 HOURS 18.79 12.9 19.79 28.18 25.37
48 HOURS 10.83 8.93 9.92 10.32 6.55
PIXEL INTENSITY
TRIAL 1 TRIAL 2 TRIAL 3 TRIAL 4 TRIAL 5
0 HOURS 189 182 198 181 190
6 HOURS 175 183 183 178 187
12 HOURS 180 182 183 180 179
24 HOURS 193 175 190 182 175
48 HOURS 176 190 186 183 192
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8.3 Appendix C - mechanical values box plots 











































































































































































































































































































































































































































































































































































































































































































































































8.3.3  Control vs 10M NaOH - mechanical values box plots 
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8.4 Appendix D - Contingency tables energy/gender vs fracture
8.4.1 Paediatric age group
Paediatric group energy v fracture pattern
Simple Comminuted Total
Low energy Observed 14 0 14
Expected 12.9 1.1 30
High energy Observed 21 3 24
Expected 22.2 1.9 38
Total Observed 35 3 38
Expected 35 3 38
Paediatric energy v fracture type
Transverse Oblique Spiral Total
Low energy Observed 1 10 3 14
Expected 1.8 5.5 6.6 14
High energy Observed 4 5 15 24
Expected 3.2 9.5 11.4 24
Total Observed 5 15 18 38
Expected 6 14 18 38
Paediatric gender v fracture pattern
Simple Comminuted Total
Female Observed 7 1 8
Expected 7.4 0.6 8
Male Observed 28 2 30
Expected 27.6 2.4 30
Total Observed 35 3 38
Expected 35 3 38
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8.4.2 Adult age group
Adult group energy v fracture pattern
Simple Comminuted Total
Low energy Observed 4 2 6
Expected 0.8 5.2 6
High energy Observed 1 30 31
Expected 4.2 26.8 31
Total Observed 5 32 37
Expected 5 32 37
Adult energy v fracture type
Transverse Oblique Spiral Total
Low energy Observed 0 5 1 6
Expected 0.8 4.2 1.0 6
High energy Observed 5 21 5 31
Expected 4.2 21.8 5.0 31
Total Observed 5 26 6 37
Expected 5 26 6 37
Adult gender v fracture pattern
Simple Comminuted Total
Female Observed 2 8 10
Expected 1.4 8.6 10
Male Observed 3 24 27
Expected 3.6 23.4 27
Total Observed 5 32 37
Expected 5 32 37
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8.4.3 Older age group
Older group energy v fracture pattern
Simple Comminuted Total
Low energy Observed 56 19 75
Expected 52.8 22.2 75
High energy Observed 6 7 13
Expected 9.2 3.8 13
Total Observed 62 26 88
Expected 62 26 88
Older energy v fracture type
Transverse Oblique Spiral Total
Low energy Observed 9 37 29 75
Expected 9.4 37.5 28.1 75
High energy Observed 2 7 4 13
Expected 1.6 6.5 4.9 13
Total Observed 11 44 33 88
Expected 11 44 33 88
Older gender v fracture pattern
Simple Comminuted Total
Female Observed 49 18 67
Expected 47.2 19.8 67
Male Observed 13 8 21
Expected 14.8 6.2 21
Total Observed 62 26 88
Expected 62 26 88
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8.5 Appendix E - Conference papers
European Orthopaedic Research Society, Galway, Ireland, 2018. 
“FEMORAL SHAFT FRACTURES:  BONE BEHAVIOUR UNDER HIGH AND LOW ENERGY 
TRAUMA IN THE PAEDIATRIC, ADULT AND OLDER POPULATIONS”
Al-Hourani K, Wallace R, Simpson H
Orthopaedic Engineering Collaboration, University of Edinburgh, UK.
Background 
To improve understanding of fracture biomechanics in humans, bone architecture in animal models 
have been extensively investigated. Clinical correlation is vital in demonstrating the validity of these 
studies in clinical practice. This study aims to evaluate bone behaviour under high and low energy 
trauma in paediatric, adult and older patients.
Methods 
Single-centre retrospective study identifying diaphyseal femoral fractures between Feb 2014 – 
2017. Peri-prosthetic and pathological fractures were excluded. Patient demographics, injury 
mechanisms and fracture patterns were included. Patients were subdivided into groups 1 (<16yo), 
2 (16-55yo) and 3 (>55yo) to reflect immature, peak bone age and osteoporotic bone respectively. 
Binary logistic analysis was used to assess significance of bone age with respect to fracture 
energy, degree of comminution and fracture pattern (p-value <0.05 was significant). 
Results 
Two hundred and six femoral shaft fractures were identified. Forty-three were excluded with 163 
included in final analysis. Groups 1, 2 and 3 included 38, 37 and 88 patients respectively. One 
hundred and two (102) fractures were simple and 61 comminuted. Groups 1 and 3 included 
majority simple fractures (35/38 and 62/88 respectively); Group 2, comminuted injuries (32/37). 
Bone age to degree of comminution proved significant (p<0.05). In group 2, high energy injury was 
associated with comminution (p<0.05). Fracture pattern was not significantly associated with any 
group regardless of energy.
Conclusion
Our study demonstrates an association between degree of fracture comminution and bone age. 
Femoral shaft fractures showed a bimodal age distribution in paediatric and older patients with 
simple fractures being significantly associated with immature and osteoporotic bone. High energy 
mechanism trauma was directly related to fracture comminution at peak bone age. 
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World Congress of Biomechanics, Dublin, Ireland, 2018 
“THE EFFECT OF CORTICAL BONE DEMINERALISATION AND DECOLLAGENISATION ON 
FRACTURE BIOMECHANICS AT LOW STRAIN RATE”
Al-Hourani K, Wallace R, Simpson H
Orthopaedic Engineering Collaboration, University of Edinburgh, UK.
Introduction
The ability of bone to resist failure is directly dependant on the material properties of bone matrix. 
Traditionally, inorganic content has been associated with stiffness of bone, whereas organic 
content has been associate with toughening mechanisms. We aimed to replicate the biomechanics 
of human osteoporotic cortical bone after staged demineralisation and decollagenisation of ovine 
cortical bone. 
Methods
Ovine femoral cortical bone specimens were demineralised in 10M EDTA under ultrasonic 
assistance. Decollagenisation was achieved using 5M and 10M NaOH solution. Bone mineral 
density was assessed by analysing radiographs of processed bone. Bone processing was 
undertaken at time points 0, 6, 12, 24 and 48 hours. Phosphate buffer solution was used for 
controls. Mechanical properties were ascertained after bone specimens underwent four-point bend 
testing (Zwick machine) at low strain rate. Pre-yield, yield and post-yield properties were delineated 
after data was captured and exported form mechanical into electronic data using TestXpert. IBM 
SPSS was used to input data. ANOVA testing was undertaken to compare groups with p<0.05 
significant. 
Results
Control samples showed no difference in biomechanical properties at all time points. 
Demineralised bone specimens showed a gradual loss of density with a maximum loss of 29% at 
48 hours (p<0.05). Decollagenised bone did not show a change in mineral content at 48 hours. 
Demineralised bone demonstrated a reduction of ultimate strength and strain at 48 hours (p<0.05). 
Decollagenised bone showed a reduction at 12 hours (10M NaOH, p<0.05) and 24 hours (5M 
NaOH, p<0.05). Demineralised bone showed a decrease of yield and elastic modulus at 48 hours 
(p<0.05). Decollagenised bone showed a decrease in yield properties at 12 hours and an increase 
in elastic modulus at 6 hours after immersion in both solution (p<0.05). Demineralisation had no 
post-yield effect. Decollagenised samples showed a significant post-yield reduction at 24 hours. 
Demineralised samples demonstrated an increased toughness at 48 hours (p<0.05) and over 90% 
decrease in decollagenised samples (p<0.05). 
Conclusion
The demineralisation of cortical bone in effect transfers load onto its organic matrix, thereby 
increasing its ductile behaviour. Whilst yield and ultimate stress properties decrease, demineralised 
bone develops an increased ability to deform under bending with an increase in yield and ultimate 
strain. Similarly this makes it tougher. In contrast, decollagenised cortical bone behaves as a brittle 
material. There is a progressive decrease in yield and ultimate properties of stress and strain with 
increased decollagenisation. However, there is a two-phase stiffening process, whereby there is an 
initial compensatory increase in stiffness, followed by a progressive decrease. Post-yield properties 
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